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Scarming  slot  x-ray  imaging  systems  are  currently  under  investigation  for  digital 
mammography.  Two  main  technical  problems  associated  with  a  scanning  slot 
mammography  system  are  the  choice  of  the  slot  detector  width  which  affects  the  presence 
of  scattered  radiation  and  x-ray  tube  heating  that  may  be  associated  with  a  particular 
detector  design,  and  the  choice  of  x-ray  detection  material  which  places  a  limit  on  the 
ultimate  image  quality  which  can  be  achieved.  In  this  study,  slot  detector  width  was 
optimized  based  on  the  presence  of  scattered  radiation.  It  was  foimd  that  scatter  to 
primary  (S/P)  ratios  depend  strongly  on  the  slot  detector  width.  The  combination  of  a  10 
mm  slot  detector  width  with  a  3  cm  air  gap  can  provide  both  efficient  scatter  rejection  and 
efficient  use  of  x-ray  tube  output.  The  typical  x-ray  detection  material  in  the  current 
designs  of  scanning  slot  detectors  is  a  rare  earth  phosphor  (Gd202S:Tb)  screen.  The  delay 
in  scintillation  light  emission  fi-om  Gd202S:Tb  phosphor  causes  a  large  spread  of  light 
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over  the  scanning  direction  thereby  reducing  spatial  resolution.  Two  novel  x-ray  detection 
materials  with  very  short  scintillation  decay  time  can  be  used  to  replace  Gd202S:Tb 
phosphor.  They  are  high  Z  element  loaded  plastic  scintillating  fiber  screens  (SFS)  and  a 
Thallium  activated  Csl  screen  (CsI:Tl)  which  has  Csl  crystals  grown  in  a  columnar 
structure  like  fiber.  These  fiber  structures  in  scintillation  screens  permit  the  use  of 
relatively  thick  screen  to  improve  x-ray  interaction  efficiency  without  significantly 
sacrificing  spatial  resolution.  In  this  study,  the  imaging  performances  of  slot  detectors 
using  various  SFSs  and  the  CsI:Tl  screen  were  investigated  by  theoretical  analysis,  Monte 
Carlo  simulations,  and  experimental  measurements.  It  was  found  that  spatial  resolution 
and  detective  quantum  efficiency  (DQE)  of  a  slot  detector  based  on  a  high  Z  element  (tin 
or  lead)  loaded  SFS  exceed  those  of  both  CsI:Tl  screen  and  Gd202S:Tb  phosphor  screen 
based  slot  detectors.  Spatial  resolution  and  DQE  of  the  CsI:Tl  screen  based  slot  x-ray 
detector  were  also  found  to  be  higher  than  those  when  a  Gd202S:Tb  phosphor  screen  was 
used.  Compared  to  a  SFS,  CsI:Tl  screen  based  slot  x-ray  detector  has  higher  image  signal- 
to-noise  ratio  due  to  its  higher  energy  conversion  efficiency.  Nevertheless,  the  use  of 
either  a  high  Z  element  loaded  SFS  or  the  CsI:Tl  screen  in  scanning  slot  digital 
mammography  could  provide  improved  mammography  imaging  performance,  and  could 
play  a  role  in  increasing  the  accuracy  of  breast  cancer  detection  and  thereby  reduce  breast 
cancer  mortality. 
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CHAPTER  1 
INTRODUCTION 

1.1.  Background 

1.1.1.  Breast  Cancer  Screening 

Breast  cancer  is  the  most  common  form  of  cancer  and  the  second  leading  cause  of 
cancer  death  for  women  in  the  United  States  (Sickles,  1985;  Zhou  and  Gordon,  1989; 
Yaffe,  1992).  In  the  past  15  years,  approximately  150,000  U.S.  women  have  been 
diagnosed  with  breast  cancer  each  year,  and  about  30%  of  these  women  have  died  of  this 
disease.  It  is  estimated  that  approximately  one  in  eight  women  (12.6%)  will  develop 
breast  cancer  in  their  lifetimes  (Smith,  1995).  There  is  very  little  knowledge  about  the 
causes  of  breast  cancer.  There  are  several  risk  factors  are  known  to  be  associated  with 
breast  cancer.  These  factors  include  (1)  having  had  a  previous  breast  cancer;  (2) 
laboratory  evidence  that  a  woman  is  carrying  a  specific  mutation  or  genetic  change  that 
increases  susceptibility  to  breast  cancer;  (3)  in  families  in  which  multiple  family  members 
are  affected  with  breast  cancer;  (4)  having  had  a  diagnosis  of  other  types  of  breast 
disease;  (5)  with  75%  or  more  dense  breast  tissue  on  previous  mammograms  that  made 
mammography  reading  difficult;  and  (6)  having  a  first  birth  at  age  30  or  older.  However, 
approximately  60%  of  women  diagnosed  with  breast  cancer  have  none  of  these  known 
factors. 

In  the  absence  of  any  way  to  prevent  breast  cancers,  the  only  way  to  reduce  this 
mortality  lies  in  the  application  of  broad-based,  comprehensive  programs  for  early 
detection.  Screen-film  mammography  is  the  only  reliable  means  of  detecting  nonpalpable 
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breast  cancers  at  present  (Haus,  1987,  1992).  When  breast  cancer  is  detected  earlier, 
treatment  is  not  only  more  effective  but  potentially  less  disfiguring  and  toxic.  Early 
detection  with  screening  mammography  has  been  shown  to  reduce  breast  cancer  mortality 
rates  by  about  30%  for  women  over  age  50.  Demonstration  of  proof  of  benefits  from 
screening  mammography  has  been  more  difficult  in  women  40  to  50  years  of  age  than  in 
older  women.  Seemingly  conflicting  results  from  screening  trials  have  led  to 
disagreement  among  experts  as  to  the  efficacy  of  screening  before  age  50  years.  It  is 
generally  agreed  that  breast  density  is  somewhat  higher  in  younger  women,  potentially 
masking  cancers,  in  which  mammographic  appearance  is  often  subtle.  Improved 
mammography  imaging  technique  is  necessary  to  ensure  benefits  of  screening 
mammography  in  yoimger  women  (Feig  and  Hendrick,  1992).  Recently  available 
evidence  from  clinical  studies  indicates  a  reduction  of  17%  in  breast  cancer  mortality 
after  about  10  years  for  women  ages  40  to  49. 

Clinical  requirements  for  early  detection  of  breast  cancer  include  detection  of 
subtle  architectural  distortion,  masses  with  densities  very  close  to  normal  tissue  and  skin 
thickening.  It  is  also  important  to  detect  microcalcifications  which  are  specks  of  calcium 
hydroxyapatite  [Ca5(P04)30H]  that  may  have  diameters  as  small  as  0.1  mm.  The 
importance  of  microcalcifications  in  the  breast  is  linked  to  a  large  number  of  cancers 
detected  by  this  sign  and  to  the  fact  that  due  to  this  sign  it  is  possible  to  find 
approximately  50%  of  noninvasive  lesions  (Feig,  1995). 

In  practice,  the  thickness  of  the  compressed  breast  can  be  as  large  as  10  cm  with  a 
average  value  of  about  5  cm.  Breasts  are  mainly  composed  of  adipose  and  fibroglandular 
tissues  and  these  compositions  vary  widely.  The  fibroglandular  tissue  begins  to  develop  at 
puberty  and  is  gradually  replaced  by  fat  after  maturity.  This  range  of  size  and  composition 
of  the  compressed  breast  places  high  demands  on  the  screen-film  systems  (Skubic  and 
Fatouros,  1989;  Whitehouse  and  Leinster,  1985). 
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A  mammography  system  should  allow  these  detections  as  early  as  possible  with  a 
minimal  exposure  to  the  patient  to  reduce  the  risk  of  radiation  induced  carcinogenesis. 
This  requires  an  optimized  system  with  sufficient  contrast  sensitivity  and  signal-to-noise 
ratio  (SNR)  to  image  a  wide  range  of  lesion  sizes  (submillimeter  to  a  few  centimeters) 
over  a  wide  range  in  exposure  to  the  image  receptor. 

1.1.2.  Screen-Film  Mammography 

Modem  mammography  is  performed  on  a  dedicated  x-ray  unit  designed  to  allow 
easy  examination  of  the  breast.  The  patient  is  examined  with  her  breast  compressed 
against  a  supporting  plate.  Compression  is  applied  using  a  plastic  compression  paddle  to 
reduce  the  breast  thickness  and  to  hold  the  breast  in  position.  Compression  generally 
results  in  greater  image  sharpness,  less  scatter,  and  reduced  patient  dose  (Logan  and 
Norlund,  1979).  The  breast  image  is  recorded  using  a  screen-film  combination  contained 
within  a  radiographic  cassette  which  is  placed  in  a  holder  beneath  the  breast  support.  An 
anti-scatter  grid  is  usually  placed  between  the  support  and  cassette  to  remove  scattered 
radiation  from  reaching  the  screen.  An  automatic  exposure  control  device  (AEC)  is 
generally  located  behind  the  cassette  to  permit  the  production  of  consistent  optimal  film 
optical  density  on  the  film.  The  x-ray  tube  and  screen-film  detector  assembly  are  mounted 
on  a  support  arm  which  can  be  rotated  to  achieve  the  desired  radiographic  projection. 

In  a  mammographic  x-ray  unit,  the  x-ray  field  collimation  and  focal  spot  are 
arranged  so  that  the  field  edge  closest  to  the  patient  is  vertical.  The  typical  focal  spot  to 
screen-film  detector  distance  is  ~  60  cm.  Measured  focal  spot  size  is  generally  less  than 
0.5  mm  to  minimize  geometric  unsharpness  due  to  focal  spot  blur.  Because  there  are  only 
small  differences  in  x-ray  attenuation  between  carcinoma  and  breast  parenchyma  (Jones 
and  Yaffe,  1987),  low  x-ray  energies  about  20  keV  are  used  in  mammography  to  improve 
image  contrast.  The  most  frequently  used  x-ray  spectrum  is  that  output  from  a 
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molybdenum  (Mo)  anode  with  an  added  ~  30  ^m  Mo  filtration.  The  x-ray  tube  potential 
is  typically  operated  in  the  range  from  24  to  32  kV. 

Modem  mammography  screen-film  combinations  are  made  of  a  single  gadolinium 
oxysulphide  rare  earth  phosphor  screen  (Gd202S:Tb)  used  as  a  back  screen  in 
combination  with  a  single  emulsion  film  (Haus,  1992),  as  shown  in  Figure  1-1.  In  this 
structure,  high  spatial  resolution  (~  20  Ip/mm)  is  achieved  by  three  factors:  (1)  a  thin  layer 
of  phosphor  with  thickness  of  the  order  of  ~  50  |am,  (2)  light  absorption  dye  added  in  the 
phosphor  layer,  and  (3)  the  number  of  absorbed  x-ray  photons  decreases  at  increased 
depth  into  the  phosphor.  All  three  factors  reduce  the  lateral  dispersion  of  light  within  the 
phosphor  and  thereby  maximize  the  achievable  spatial  resolution. 


Film  <^ 
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Figure  1-1.  Structure  of  a  modem  mammography  screen-film  combination. 


1.1.3.  Limitations  of  Screen-Film  Mammography 

In  practice,  there  are  about  10  to  20%  of  breast  cancers  which  are  mis-diagnosed 
due  to  the  subtlety  of  the  lesion  and  the  limitation  of  the  image  quality  (Ma  et  al,  1992). 
One  of  the  major  contributing  factors  to  poor  image  quality  is  related  to  the  use  of  screen- 
film  combinations,  which  have  several  technical  problems  that  limit  the  effectiveness  of 
screening  mammography.  The  major  technical  limitation  is  related  to  the  shape  of  the 
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film's  characteristic  curves  which  necessitate  a  fundamental  compromise  between  the 
film's  display  contrast  and  exposure  latitude  (Haus,  1992;  Nishikawa  and  Yaffe  1987). 
Figure  1-2  shows  the  characteristic  curve  of  a  typical  mammography  screen-film 
combination. 


1  10  100 

Exposure  (mR) 


Figure  1-2.  Characteristic  curve  of  a  typical  mammography  screen-film  combination. 

For  mammography  screen-film  combinations,  high  film  contrast  is  essential  to 
detect  subtle  lesions  with  subject  contrast  in  the  order  of  -1%  or  less.  As  a  result,  the 
exposure  latitudes  of  conventional  mammography  screen-film  combinations  are  limited 
to  about  40.  Typically,  film  contrast  is  about  3.5  for  film  densities  ranging  from  about  1.0 
to  2.0  which  only  corresponds  to  a  change  in  x-ray  exposure  by  a  factor  of  about  2.  Film 
contrast  reduces  quickly  below  the  film  optical  density  of  1.0  and  above  the  film  optical 
density  of  2.0  (Haus,  1992).  This  compromise  in  film  contrast  and  exposure  latitude  is 
optimized  to  image  compressed  breasts  of  average  thickness  and  average  density  (~  50% 
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adipose  and  50%  glandular  tissue  composition).  It  has  been  shown  that  a  mammography 
imaging  system  should  record  and  display  information  for  detector  exposures  which  vary 
over  a  factor  of  400  in  a  single  image  (Maidment  et  al.,  1993a).  This  is  due  to  the  large 
range  in  different  breast  compositions  of  varying  thickness.  Conventional  mammography 
uses  automatic  exposure  control  (AEC)  devices  to  produce  a  constant  film  optical  density 
(~  1.5)  in  the  uniformly  compressed  breast  region.  The  film  densities  around  the 
peripheral  of  the  compressed  breast  are  much  greater  than  2.0  due  to  the  excessive  x-ray 
exposure  to  the  screen-film  cassette  in  these  areas. 

Of  more  important  concern  are  the  dense  breast  regions  which  are  frequently 
under-exposed,  and  therefore,  displayed  with  poor  film  contrast.  In  practice,  between  30 
and  60%  of  mammography  screening  is  performed  on  breasts  composed  of  dense 
fibroglandular  tissue  (Whitehouse  and  Leinster,  1985).  It  has  been  shown  that  the 
detection  of  a  lesion  surrounded  by  the  dense  fibroglandular  tissue  is  more  difficult  than 
in  a  fatty  tissue  background  (Jones  and  Yaffe,  1987;  Ma  et  al.,  1992;  Schmitt  and  Threatt, 
1982).  Epidemiological  studies  also  have  shown  that  women  with  dense  breasts  are  at 
increased  risk  of  developing  breast  cancer  (Brisson  et  al.,  1982;  Gravelle  et  al.,  1986). 
The  failure  to  detect  lesions  in  the  dense  regions  of  the  breast  or  in  the  dense  breasts  is  the 
major  cause  of  missed  early  diagnosis  of  breast  cancers  (Ma  et  al.,  1992). 

Other  factors  affecting  the  diagnostic  accuracy  of  screen-film  mammography 
include  image  noise  contribution  from  film  granularity  and  scattered  radiation  (Barnes, 
1992;  Kuhn  and  Knupfer,  1992).  The  presence  of  film  granularity  significantly  reduces 
the  signal-to-noise  ratio  (SNR)  of  the  film  image,  and  especially  degrades  the  system's 
ability  to  demonstrate  microcalcification.  Therefore,  even  though  mammographic 
screen/film  systems  have  high  limiting  spatial  resolution  of  about  20  line  pairs  per  mm 
(Ip/mm),  their  low-contrast  performance  is  severely  limited  beyond  5  Ip/mm  by  film 
granularity.  Scattered  radiation  greatly  reduces  the  displayed  contrast  and  SNR. 
Conventional  scatter  removal  techniques  using  grids  can  lead  to  a  factor  of  2  to  4  increase 
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in  mean  glandular  dose  (Dance  et  al.,  1992;  Hammerstein  et  al.,  1979;  Huda  et  al.,  1990; 
Skubic  and  Fatouros,  1989). 

Finally,  there  is  a  fundamental  compromise  between  the  desire  to  give  minimum 
patient  dose  through  the  use  of  a  thick  phosphor  screen  which  causes  a  deterioration  of 
spatial  resolution,  as  shown  in  Figure  1-3  (a),  and  the  desire  to  have  high  spatial 
resolution  through  the  use  of  a  thin  phosphor  screen  and/or  increased  light  absorbing  dye 
content  in  the  screen  which  requires  a  higher  patient  dose,  as  shown  in  Figure  1-3  (b). 
The  high  spatial  resolution  performance  of  modem  mammography  screen-film  cassettes 
is  achieved  at  the  price  of  low  screen  x-ray  interaction  efficiency  (less  than  70%)  for  x- 
ray  energies  used  in  mammography. 

x-ray  quantum 

Thick  Phosphor  Screen         Thin  Phosphor  Screen 
(a)  (b) 

Figure  1-3.  Light  dispersion  in  (a)  a  thick  phosphor  screen,  and  (b)  a  thin  phosphor 
screen. 
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1 .2.  Digital  Mammography 

I.2.I.  Digital  Mammography  and  Its  Advantages 

Digital  mammography  has  the  potential  to  overcome  the  limitations  of 
conventional  screen-film  mammography  and  to  improve  the  sensitivity  of  breast  cancer 
detection.  Digital  mammography  is  a  technique  in  which  the  screen-film  detector  is 
replaced  by  a  digital  x-ray  detector  which  absorbs  the  x-rays  penetrated  through  the 
compressed  breast  and  converts  the  absorbed  x-ray  energy  into  electronic  signals  (Yaffe, 
1992). 

Unlike  screen-film  mammography  in  which  an  image  is  obtained,  viewed,  and 
stored  using  the  same  piece  of  film,  the  image  acquisition,  storage,  and  display  are 
decoupled  into  three  separate  stages  in  digital  mammography.  The  acquired  image 
contrast  is  independent  of  the  x-ray  exposure  to  the  detector  because  the  dynamic  range  of 
a  digital  imaging  system  is  usually  larger  than  the  exposure  variations  after  the  primary  x- 
ray  beam  penetrating  through  the  breasts.  Image  display  contrast  is  no  longer  determined 
by  the  exposure  techniques  used  to  acquire  a  digital  mammogram  and  can  be  optimized 
by  adjusting  the  window  and  level  of  the  display  monitor.  Storage  and  retrieval  of  digital 
images  will  likely  be  convenient,  fast,  and  eliminate  lost  films. 

Digital  mammography  and  associated  image  processing  and  pattern  recognition 
offers  the  most  fruitful  avenue  for  improving  the  detection  of  nonpalpable  breast  cancers 
(Schmidt  et  al.,  1995).  Digital  mammography  will  promote  digital  image  processing  and 
other  computer  assisted  diagnosis  (CAD)  methods,  which  have  the  potential  to  reduce  the 
screening  load  and  improve  the  diagnostic  accuracy  by  reducing  the  number  of  false 
negative  diagnosis.  Teleradiology  could  be  implemented  to  allow  remote  diagnoses  using 
high  quality  digital  mammograms. 
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It  is  possible  that  about  1 0%  to  20%  false  negative  diagnoses  from  mammography 
screening  could  be  reduced  using  digital  mammography  and  appropriate  CAD  method(s). 
The  problems  of  imaging  the  dense  breasts  could  also  be  solved  using  digital 
mammography  systems.  Unnecessary  patient  exposures  due  to  film  processor  failure, 
overexposure,  and  underexposure  are  likely  to  be  eliminated  with  digital  mammography. 
By  decoupling  image  acquisition,  storage,  and  display,  allowing  optimization  of  each. 
Image  contrast  will  then  be  adjustable  under  the  control  of  the  radiologist  viewing  the 
image. 

In  addition  to  providing  potentially  improved  diagnostic  accuracy  in  breast  cancer 
screening,  digital  mammography  systems  can  offer  unique  advantages  in  the  other 
methodologies  where  manipulations  of  images  in  real  time  are  required.  These  areas 
include  digital  subtraction  dual  energy  mammography,  digital  subtraction  angiography  of 
the  breast,  and  real  time  needle  biopsy.  Dual  energy  subtraction  imaging  removes  the 
structure  background  on  breast  images  and  soft  tissue  and  calcified  tissue  to  be  displayed 
in  separate  images.  It  has  been  shown  that  dual  energy  subtraction  improved  the  detection 
of  microcalcifications  (Boone  et  al.,  1990;  Boone,  1991,  Johns  et  al.,  1985).  By  applying 
digital  subtraction  angiography  technology  to  breast  imaging,  Carumbaya  et  al.  (1996) 
found  that  the  most  common  and  difficult  task  of  differentiating  benign  lesions  from 
malignant  cancers  can  be  achieved  by  studying  the  abnormal  vascularization  of  a  lesion. 
This  is  done  by  observing  the  kinetics  of  iodinated  contrast  material.  Core  needle  breast 
biopsy  plus  pathologic  examination  represents  the  most  accurate  method  for 
differentiating  between  benign  and  malignant  lesions  (Jackson  and  Bassett,  1990).  A 
digital  mammography  system  can  be  used  to  localize  the  abnormality  and  guide  the 
needle  system  to  remove  cells  or  tissue  in  real  or  near-real  time  thereby  reducing  patient 
discomfort. 
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1.2.2.  Cost-Effectiveness  of  Digital  Mammography 

It  is  very  difficult  to  estimate  the  cost-effectiveness  of  digital  mammography  at 
present.  The  costs  of  digital  imaging  systems  currently  being  developed  are  expected  to 
be  ranging  from  $150,000  to  $250,000,  which  is  about  twice  as  much  as  that  of  a  screen- 
film  system.  Although  the  capital  cost  consideration  may  not  favor  a  digital 
mammography  system,  the  advantage  of  initial  lower  equipment  costs  of  screen-film 
mammography  diminishes  as  its  clinical  usage  increases.  For  example,  assuming  5000 
patients  are  examined  each  year  for  one  screen-film  mammography  unit,  a  minimum  of 
20,000  films  at  ~  $1.00  per  film  are  needed.  This  will  add  to  ~  $100,000  over  a  five  years 
period  for  film  cost  alone.  In  addition,  other  costs,  including  film  processing  chemicals, 
storage  cost,  etc.,  also  accumulate  to  a  large  amount  over  five  years.  The  cost- 
effectiveness  of  digital  mammography  needs  to  be  determined  by  how  efficient  the 
systems  will  be  used,  and  needs  to  be  judged  from  its  clinical  use  over  a  reasonable 
period  of  time,  say  5  to  10  years. 

Many  of  the  advantages  of  digital  mammography  which  may  improve  the 
diagnoses  of  breast  cancers  also  offer  potentials  to  reduce  the  operational  costs  of  clinical 
mammography  screening.  The  storage  cost  of  digital  mammography  is  low  and  should  get 
lower.  This  is  to  be  compared  to  the  added  film  and  film  storage  cost  for  screen-film 
systems.  About  10%  screening  mammographies  must  be  repeated  due  to  automatic 
exposure  control  (AEC)  failure  and  film  processor  problems.  It  is  probable  that  this  image 
repeat  rate  will  be  largely  eliminated  by  digital  mammography.  This  will  result  in  savings 
of  films  used  and  time  required  to  perform  mammographic  procedures. 

Using  digital  mammography,  it  is  possible  to  acquire  and  display  digital 
mammograms  in  almost  real  time.  With  associated  CAD  methods,  it  is  also  feasible  for 
radiologists  to  make  accurate  diagnoses  faster  than  with  conventional  mammography. 
Therefore,  a  digital  mammography  system  may  be  used  in  a  more  efficient  manner  than 
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screen-film  mammography.  This  means  less  mammography  equipment  may  be  needed  for 
mammography  screening.  Through  the  use  of  a  teleradiology  system,  diagnoses  could  be 
made  by  radiologists  specialized  in  mammography  at  remote  locations.  The  availability  of 
interpreting  radiologists  may  reduce  the  labor  costs  in  establishing  new  mammography 
facilities.  This  could  also  increase  the  use  of  mammography.  Expensive  follow-up 
procedures  such  as  biopsy  may  be  avoided  as  a  result  of  the  improved  accuracy  in  the 
detection  of  breast  cancers  from  the  use  of  digital  mammography  systems.  Breast  core 
biopsy  is  an  example  of  how  digital  imaging  systems  can  improve  breast  cancer  diagnosis 
at  reduced  costs. 

On  the  other  hand,  there  are  a  few  obstacles  to  the  use  of  digital  mammography 
regarding  its  cost-effectiveness.  The  number  of  dedicated  mammography  units  installed 
has  grown  explosively  in  the  90s.  It  is  nearly  impossible  for  hospitals  to  replace  existing 
systems  with  digital  mammography  systems.  This  may  delay  the  wide  application  of 
digital  mammography.  Some  digital  mammography  systems  are  designed  to  only  replace 
the  screen-film  cassettes  in  image  acquisition.  However,  the  costs  of  the  digital  x-ray 
image  detectors  themselves  are  too  expensive  to  justify  the  savings  from  the  use  of  the 
existing  x-ray  tube  and  generator  assemblies.  Although  remote  diagnosis  is  attractive,  it 
depends  on  a  teleradiology  system  which  most  hospitals  do  not  have  at  present  time.  The 
expense  of  installing  a  teleradiology  system  prohibits  the  benefits  of  digital 
mammography  to  be  realized,  hence,  reduce  the  cost  effectiveness  of  digital 
mammography. 

It  is  expected  that  digital  mammography  systems  will  gradually  replace 
conventional  mammography  systems  for  general  breast  cancer  screening.  It  is  not 
surprising  that  this  transition  may  take  up  to  10  years  in  the  United  States.  The  use  of 
high  quality  digital  screening  mammography  has  the  potential  to  improve  the  sensitivity 
and  specificity  of  breast  cancer  detection  and,  at  the  same  time,  provide  reduced  costs  to 
both  hospitals  and  patients. 
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1.3.  Literature  Review 

1.3.1.  Current  Approaches  to  Digital  Mammography 

To  realize  the  benefits  of  digital  mammography,  x-ray  imaging  detectors  with 
appropriate  characteristics  must  be  developed.  Various  configurations  for  the  acquisition 
of  digital  mammograms  have  been  proposed:  (a)  different  detector  geometry  such  as 
point,  line,  slot  and  area;  (b)  different  x-ray  detectors  such  as  photostimulable  phosphor, 
amorphous  selenium,  and  traditional  phosphor  screens  optically  coupled  to  charge- 
coupled  devices  (CCDs). 

In  the  simplest  geometry,  a  point  detector  could  be  used  where  a  pencil  beam  of  x- 
rays  is  raster-scanned  across  the  breast  and  a  single  detector  is  used  to  record  the  image. 
In  principle,  this  point  geometry  can  produce  images  with  (1)  extremely  high  spatial 
resolution  as  determined  by  the  scanning  position  accuracy;  (2)  excellent  contrast  as 
virtually  all  the  scattered  radiation  are  eliminated;  (3)  -100%  x-ray  detection  efficiency  as 
very  thick  detection  material  can  be  used  to  absorb  all  the  x-rays  penetrating  the  breast. 
However,  this  point-to-point  scanning  process  is  extremely  slow  and  may  take  hours  to 
produce  a  single  image.  In  addition,  most  of  the  x-rays  produced  at  the  x-ray  tube  are 
removed  by  the  collimator  which  results  in  very  inefficient  use  of  x-ray  output  and  an 
unacceptably  high  x-ray  tube  loading  required  to  produce  an  image.  A  natural  extension 
of  the  point  detector  geometry  may  be  the  use  of  a  very  thin  line  detector  with  x-ray  beam 
collimated  to  cover  the  line  detector.  This  approach  was  investigated  by  Bjorkholm  at 
AS&E  and  abandoned  eventually  as  a  result  of  the  long  scan  time  imposed  by  the  line 
geometry  (Yaffe,  1996). 

At  present,  two  types  of  digital  mammography  detectors  have  been  investigated, 
the  area  detector  and  slot  detector. 


13 


Like  screen-film  mammography,  an  area  detector  approach  efficiently  utilizes  the 
x-ray  tube  output  and  produces  an  image  from  a  single  exposure  of  x-rays  in  typically  less 
than  1  second  of  time.  Various  approaches  are  being  taken  to  develop  a  fiall  area  detector 
for  digital  mammography.  One  company  (Cheung  and  Coe,  1995)  uses  multiple  modules 
of  the  type  of  phosphor-demagnifying  fiber  optical  image  guide-charge-coupled  device 
(CCD)  camera  that  has  been  used  clinically  in  the  stereotactic  biopsy  system  (Karellas 
and  Harris,  1992;  Krupinski  and  Roehrig,  1994).  To  cover  a  sufficiently  large  image  area, 
a  full  field  mammography  detector  requires  a  matrix  of  3  x  4  of  these  cameras  which 
results  in  a  very  high  detector  cost  of  ~  $300,000.  This  approach  has  been  shown  to 
provide  fast  image  acquisition.  The  limiting  spatial  resolution  at  the  center  of  this  large 
area  detector  is  about  13  Ip/mm.  At  present,  this  digital  mammography  system  is  under 
clinical  evaluation. 

Computed  radiography  (CR)  systems  using  stimulable  phosphor  imaging  plates 
have  been  used  to  produce  general  radiographic  images  in  digital  form  (Kato,  1994).  The 
dynamic  range  of  typical  stimulable  phosphor  imaging  plates  is  in  the  order  of  10'*:1.  The 
limiting  spatial  resolution  of  modem  stimulable  phosphor  imaging  plates  is,  however, 
only  approximately  5  Ip/mm.  This  spatial  resolution  is  much  less  than  the  about  20  Ip/mm 
of  mammography  screen-film  combinations.  For  several  years,  computed  radiography  CR 
systems  have  been  investigated  as  a  method  for  digital  mammography.  Cowen  et  al. 
(1992)  compared  the  imaging  performance  of  a  CR  imaging  plate  (0.1  mm  pixel  size) 
with  a  screen-film  combination  (~  15  Ip/mm  spatial  resolution)  on  the  detection  of  low 
contrast  discs  on  a  uniform  background.  As  a  result  of  the  adjustable  CR  image  contrast, 
they  found  that  CR  images  had  a  greater  range  of  contrast  detail  presentation  than  screen- 
film  images.  In  another  study,  Brettle  et  al.  (1994)  conducted  an  observer  performance 
study  to  compare  the  noise,  sharpness,  and  contrast  performance  of  the  two  methods 
using  clinical  mammograms.  Again,  it  was  found  that  CR  images  provide  greater  contrast 
than  film,  and  that  spatial  resolution  of  CR  is  lower  than  for  film.  One  observer  found  CR 
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images  were  noisier  than  film  images.  In  addition,  an  ROC  study  in  evaluating  the 
observer  confidence  of  correct  classification  showed  a  comparable  imaging  performance 
for  the  two  methods.  Higashida  et  al.  (1992)  evaluated  the  differences  in  detecting  subtle 
microcalcifications  (less  than  0.25  mm)  using  a  typical  CR  imaging  plate  (0.1  mm  pixel 
size)  and  the  two  widely  used  screen-film  combinations  (~  20  Ip/mm  limiting  spatial 
resolution).  The  results  from  their  ROC  study  indicated  that  detectability  of  subtle 
microcalcifications  on  CR  images  was  significantly  lower  than  on  both  types  of  screen- 
film  images.  The  area  under  the  ROC  curve  was  0.68  for  the  CR  images  and  was  0.82  for 
both  screen-film  images.  They  concluded  that  the  use  of  a  CR  system  with  a  pixel  size  of 
0.1  mm  in  detection  of  small  microcalcifications  will  be  problematic.  CR  system  are  also 
being  investigated  by  other  investigators  (Gagne  et  al.,  1996;  Prior  et  al.,  1994).  However, 
its  application  to  mammography  is  questionable  due  to  its  low  spatial  resolution 
performance. 

Recently,  a  large  area  detector  using  amorphous  silicon  as  the  readout  device  has 
been  developed  by  G.E.  Medical  for  digital  mammography.  In  such  a  detector,  x-rays  are 
absorbed  by  a  layer  of  cesium  iodide  which  is  deposited  directly  on  a  matrix  of  light 
sensitive  elements  (pixels)  produced  in  the  amorphous  silicon  substrate.  The  pixel  size  is 
-100  |am  which  limits  the  achievable  spatial  resolution.  In  another  approach  (Chotas  et 
al.,  1995;  Fahrig  et  al.,  1995;  Neitzel  et  al.,  1994;),  a  large  area  photoconducfive  selenium 
layer  was  applied  over  a  similar  active  matrix  readout,  which  is  sensitive  to  the  charges 
liberated  in  the  selenium  layer  by  absorption  of  x-rays.  This  direction  of  conversion  of  x- 
ray  to  electron  signal  has  the  potential  to  achieve  very  high  detective  quantum  efficiency. 
Also,  high  spatial  resolution  is  achievable  with  the  selenium  detector  as  a  result  of 
restricted  charge  spread  by  the  electric  field  applied  in  the  selenium  layer.  If  successfully 
developed,  the  selenium  detector  approach  could  provide  significantly  improved  imaging 
performance  in  mammography.  The  only  disadvantage  is  that  the  cost  of  the  selenium 
detectors  is  likely  to  be  very  expensive. 
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1.3.2.  Scanning  Slot  Digital  Mammography 

The  slot  detector  approach  is  a  compromise  between  an  area  detector,  where 
scattered  radiation  and  system  cost  are  of  concern,  and  a  line  detector,  where  imaging 
time  and  x-ray  tube  loading  presents  difficulties.  In  their  present  forms,  scanning  slot 
digital  mammography  utilizes  a  scanning  slot  detector  geometry  in  which  a  slot  shaped  x- 
ray  conversion  plate  is  optically  coupled  to  CCDs  which  are  operated  in  the  time-delayed 
integration  (TDl)  mode  while  the  slot  detector  is  scarmed  (Henry  et  al.,  1995;  Maidment 
et  al.,  1993a;  Neitzel  et  al.,  1994;  Nishikawa  et  al,  1987;  Toker  and  Piccaro,  1993). 

Scanning  slot  digital  mammography  systems  have  been  developed  and 
investigated  for  general  mammography  screening.  Figure  1-4  shows  the  diagram  of  a 
typical  scanning  slot  digital  mammography  system  and  its  operating  principle. 
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Figure  1-4.  Schematic  of  a  scamiing  slot  digital  mammography  system. 


The  x-ray  generator  and  x-ray  tube  is  capable  of  operating  continuously  for  more 
than  five  seconds  with  uniform  x-ray  output.  The  x-ray  tube  employs  either  a 
molybdenum  (Mo)  anode  or  a  tungsten  (W)  anode  with  a  nominal  focal  spot  size  of  0.3 
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mm.  The  slot  x-ray  detector  is  typically  about  20  cm  long  to  cover  the  whole  compressed 
breast.  The  width  of  the  x-ray  imaging  detector  varies  from  4  mm  to  10  mm  in  the  current 
scanning  slot  digital  mammography  system  designs.  The  slot  x-ray  detector  is  located 
about  60  cm  from  the  x-ray  tube  focal  spot  and  is  mounted  rigidly  relative  to  the  x-ray 
tube. 

A  fan  shaped  beam  of  x-rays  is  formed  at  the  x-ray  tube  output  using  a  lead 
collimator.  This  fan  x-ray  beam  covers  the  entire  slot  x-ray  detector  sensitive  area.  The 
patient  stands  still  with  the  breast  compressed.  During  image  acquisition,  the  fan  x-ray 
beam  and  the  slot  x-ray  detector  are  scanned  across  the  breast  in  a  direction  parallel  to  the 
short  dimension  of  the  x-ray  imaging  detector  in  a  distance  covering  the  whole  breast  in 
less  than  five  seconds.  This  short  imaging  time  is  necessary  to  minimize  patient 
inconvenience  and  movement  during  the  scanning  process. 

The  two  major  advantages  of  the  scanning  slot  digital  mammography  approach 
are  the  efficient  rejection  of  scattered  radiation  from  reaching  the  slot  x-ray  detector  and 
the  relatively  inexpensive  equipment  cost  compared  to  an  area  detector  approach.  Figure 
1-5  compares  the  geometry  between  a  slot  x-ray  detector  and  an  area  detector  in  which 
scattered  x-rays  have  higher  probabilities  to  miss  the  slot  detector. 


Area  Detector  Slot  Detector 


Figure  1-5.  Imaging  geometry  for  an  area  detector  and  a  slot  detector. 
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The  initial  designs  of  the  slot  x-ray  detectors  in  the  scanning  slot  digital 
mammography  systems  used  a  Gd202S:Tb  rare  earth  phosphor  screen  optically  coupled  to 
charge-coupled  devices  (CCD)  through  the  use  of  a  tapered  glass  optical  fiber  image 
guide  (Maidment  et  al.,  1993a;  Toker  and  Piccaro,  1993).  The  image  guide  had  an 
approximately  2:1  input  to  output  ratio.  Maidment  et  al.  (1993a)  used  a  slot  x-ray  detector 
which  was  4.0  mm  wide  and  21  cm  long.  Preliminary  test  images  were  obtained  in  7.8 
seconds  over  a  scanning  distance  of  18  cm.  A  40  KV  tungsten-target  spectrum  was 
produced  from  a  0.3  mm  focal  spot.  The  spatial  resolution  of  this  slot  x-ray  detector  was 
measured  to  be  9.5  Ip/mm.  At  that  slow  scan  speed  of  2.3  cm/second,  the  imaging 
performance  of  this  scanning  slot  digital  mammography  system  were  equal  to  or  better 
than  for  mammography  screen-film  systems.  Toker  and  Piccaro  (1993)  used  a  10  mm 
wide  slot  x-ray  detector  and  have  reported  similar  results  to  those  of  Maidment  et  al.. 

However,  there  are  several  technical  problems  which  could  limit  the  imaging 
performance  of  these  phosphor  based  scanning  slot  digital  mammography  systems.  First, 
using  a  phosphor  coupled  to  CCDs  will  inevitably  reduce  the  spatial  resolution  compared 
to  the  modem  mammography  screen-film  combinations,  for  which  a  single  emulsion  film 
is  used  in  combination  with  a  single  back-intensifying  screen.  Second  and  most 
importantly,  it  is  necessary  that  a  whole  breast  image  should  be  acquired  in  less  than  five 
seconds.  The  afterglow  (slow  scintillation  decaying  component)  nature  of  the  Gd202S:Tb 
phosphor  could  limit  the  spatial  resolution  performance  of  the  scanning  slot  detectors  in 
mammography.  The  image  acquisition  time  for  each  detector  pixel  in  TDI-CCD  scanning 
is  about  1  msec  (50  ^m  pixel  size  moving  at  5  cm/sec  to  cover  20  cm  imaging  length  in  4 
seconds).  During  the  1  msec  exposure  fime,  Gd202S:Tb  phosphor  emits  only  47%  of  its 
total  scintillation  light  (Gluer  et  al.,  1989).  The  rest  of  the  scinfillation  will  spread  to 
adjacent  pixels  while  the  charges  in  the  CCD  pixels  are  integrated  along  the  entire  TDI 
column.  This  could  significantly  reduce  image  contrast  and  detector  modulation  transfer 
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function  (MTF)  at  all  spatial  frequencies.  Mainprize  and  Yaffe  (1996)  studied  the 
Gd202S:Tb  phosphor  afterglow  effect  on  image  spatial  resolution  by  varying  the  scanning 
speed  of  a  scanning  slot  digital  mammography  system.  They  found  the  ratios  of  system 
MTF  at  8  cm/second  to  the  system  MTF  at  6  cm/second  were  about  0.95,  and  0.92  at  2 
and  3  Ip/mm  spatial  frequencies,  respectively.  Unfortunately,  they  did  not  report  any 
measurement  of  the  difference  in  MTF  between  about  2  cm/second  scanning  speed  to  that 
at  high  scanning  speeds  (>  4  cm/second)  where  the  afterglow  effect  could  be  better 
demonstrated. 

Henry  et  al.  (1995)  investigated  the  use  of  a  hybrid  photodiode  array  as  the  x-ray 
conversion  material  in  a  slot  x-ray  detector.  The  hybrid  photodiode  array  directly  converts 
the  x-rays  into  electrons  thereby  has  the  potential  to  provide  high  signal-to-noise 
performance.  And  because  the  electrons  are  collected  by  the  bias  voltage  applied  across 
the  photodiode  layer,  high  spatial  resolution  could  also  be  achieved  using  thicker 
photodiode  layer.  The  prototype  device  was  made  of  a  300  i^m  thick,  256  x  256  array  of 
30  |am  pixels.  Their  results  showed  that  the  detector  MTF  was  superior  to  that  of 
mammography  screen-film  combinations.  There  are  two  major  problems  associated  with 
this  design.  First,  the  300  \im  photodiode  layer  thickness  provided  very  low  x-ray 
interaction  efficiency  (about  20%  at  20  keV).  It  was  found  to  be  necessary  to  use  an 
approximately  1.5  mm  thick  photodiode  layer  to  achieve  a  comparable  x-ray  interaction 
efficiency  as  that  of  mammography  phosphor  screens.  This  large  thickness  causes 
significant  geometry  blur  due  to  obliquely  incident  x-rays  at  the  edge  of  the  detector. 
These  investigators  proposed  to  curve  the  slot  detector  by  using  a  number  of  photodiode 
array  less  than  2  cm  long  but  no  progress  has  been  reported  by  far.  The  second  problem  is 
the  noise  from  dark  current  generation  as  a  result  of  large  silicon  volume.  This  is 
potentially  a  serious  obstacle.  Other  issues  include  radiation  damage  to  the  detector  and 
possible  high  cost. 
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1.3.3.  Spatial  Resolution  in  Digital  Mammography 

The  imaging  requirements  for  mammography  are  extremely  demanding.  To 
resolve  fine  microcalcifications  in  the  breast,  the  imaging  system  should  provide  very 
high  spatial  resolution.  At  the  same  time,  to  image  the  extremely  subtle  differences 
between  tumor  and  normal  breast  tissue,  the  signal-to-noise  ratio  and  contrast 
performance  of  the  imaging  system  must  be  excellent.  The  detector  must  combine  these 
resolution  and  noise  properties  with  a  format  capable  of  acquiring  a  complete  breast 
image,  20  cm  x  20  cm  at  least,  in  less  than  5  seconds.  It  is  also  very  important  that  the 
system  must  be  as  efficient  as  possible  in  the  use  of  incident  x-rays. 

The  spatial  resolution  required  for  an  imaging  system  depends  strongly  on  the 
type  of  abnormality  to  be  detected.  In  mammography,  the  required  resolution  is 
determined  by  the  detection  of  microcalcifications  in  the  breast.  To  resolve  fine 
microcalcifications  in  the  breast  and  permit  the  study  of  the  morphology  of  breast 
microcalcifications,  the  imaging  system  must  provide  very  high  spatial  resolution. 
Calcifications  due  to  malignancy  are  generally  less  than  0.5  mm  in  size  and  can  be 
microscopic.  The  importance  of  microcalcifications  in  the  breast  is  linked  to  a  large 
number  of  cancers  detected  by  this  sign  and  to  the  fact  that  due  to  this  sign  it  is  possible 
to  find  approximately  50%  of  noninvasive  lesions.  In  the  framework  of  the  general 
public,  the  detection  of  clustered  microcalcifications  permits  the  detection  of 
approximately  50%  of  cancers  in  a  population.  However,  the  problem  of  the  specificity  of 
this  sign  has  arisen  since  only  25%  of  the  microcalcification  sites  are  in  fact  cancers.  The 
precise  analysis  of  clustered  microcalcifications  can  bring  about  an  important  reduction  in 
the  number  of  operations  in  return  for  a  small  or  nonexistent  risk  for  the  patients. 

A  number  of  ROC  studies  have  been  performed  to  study  the  spatial  resolution 
requirement  for  digital  mammography  by  digitizing  screen/film  mammograms.  Chan  et 
al.  (1987)  conducted  a  study  to  assess  the  effects  of  digifization  and  image  processing  on 
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the  detectability  of  subtle  breast  microcalcifications  in  digital  mammography.  Digital 
images  were  obtained  by  digitizing  conventional  screen-film  mammograms  with  a  0.1 
mm  X  0.1  mm  pixel  size.  These  digitized  images  were  also  processed  with  unsharp-mask 
filtering.  The  unprocessed  digital  images  and  the  unsharp-masked  images  were  then 
reconstituted  back  on  films.  In  the  study,  twenty  normal  cases  and  12  cases  with  subtle 
microcalcifications  were  included.  Observer  performance  experiments  were  conducted  to 
assess  the  detectability  of  subtle  microcalcifications  in  the  conventional,  unprocessed 
digital,  and  unsharp-masked  digital  mammograms.  The  authors  concluded  that  digital 
mammograms  obtained  with  0.1  mm  x  0.1  mm  pixel  size  provide  lower  detectability  than 
the  conventional  screen-film  mammograms.  Unsharp-masking  improved  the  detectability 
of  microcalcifications  in  digitized  mammograms.  However,  the  detectability  of 
microcalcifications  on  the  processed  mammograms  was  found  to  be  less  than  that  on  the 
conventional  films. 

The  results  from  a  study  performed  by  Karssemeijer  et  al.  (1993)  appeared  to 
contradict  the  results  reported  by  Chan  et  al.  (1987).  In  this  study,  a  set  of  72  screen-film 
mammograms  showing  benign  or  malignant  microcalcifications  were  digitized  with  a 
0.05  mm  sampling  aperture  and  a  0.1  mm  sampling  distance.  The  digitization  only 
covered  an  area  of  2.5  cm  x  2.5  cm  on  each  film  where  the  microcalcifications  were 
located.  To  view  screen-film  mammograms,  an  equally  sized  black  film  in  which  a  2.  5 
cm  X  2.5  cm  square  hole  was  cut  corresponding  to  the  digitized  area  was  used  to  force  the 
observers  to  base  their  judgments  on  such  small  detailed  areas.  The  digitized  area  (256  x 
256  pixel  matrix)  was  magnified  to  fiill  monitor  screen  and  displayed  with  1024  x  1024 
pixel  matrix.  The  results  from  ROC  study  indicated  that  differentiation  of  benign  fi-om 
malignant  cases  decreased  only  slightly  on  the  digitized  images,  and  the  characterization 
of  different  types  of  malignancies  somewhat  improves  by  digitization.  The  authors 
therefore  concluded  that  a  relatively  low  spatial  resolution  of  0.1  mm  pixel  does  not 
prohibit  high-quality  diagnostic  performance  in  digital  mammography.  It  is  difficult  to 
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compare  the  results  reported  by  Chan  et  al.  and  Karssemeijer  et  al.  because  the 
differences  in  the  selections  of  cases  and  criteria  in  the  observe  performance  studies. 
There  may  be  some  improvements  in  the  latter  study  as  a  result  of  displaying  the  small 
digitized  area  on  the  monitor.  The  image  contrast  was  adjusted  by  the  observers  for 
optimal  contrast.  However,  this  method  of  display  does  not  simulate  real  mammography 
screening  where  mammographers  always  look  at  the  entire  breast  image  first. 
Furthermore,  the  authors  acknowledged  that  the  observers  were  not  asked  to  count  the 
individual  microcalcifications  in  the  detected  clusters.  The  detectability  of  the  smallest 
calcifications  may  have  been  worse  in  the  digital  images.  Based  on  histological  findings, 
the  authors  also  indicated  that  all  structures  of  interest  were  not  imaged  on  digitized 
images. 

Chan  et  al.  (1993)  investigated  the  effects  of  pixel  size  on  computer-aided 
detection  of  microcalcifications  on  digitized  screen-film  mammograms.  Twenty-five 
mammograms  were  digitized  with  a  laser  film  scanner.  A  computer  program  was  applied 
to  process  the  digitized  images  and  locate  the  microcalcifications.  It  was  found  that  the 
detection  accuracy  decreases  significantly  as  the  pixel  size  increases  from  0.035  mm  x 
0.035  mm  to  0.07  mm  x  0.07  mm  (P<0.007)  and  fi-om  0.07  mm  x  0.07  mm  to  0.105  mm 
X  0.105  mm  (P<0.002).  The  detectability  of  some  microcalcificafions  that  were  visible  on 
the  original  mammograms  was  also  found  to  decrease  when  a  pixel  size  of  greater  than 
0.035  mm  was  used.  This  suggested  that  very  high  spatial  resolution  is  required  for  digital 
mammograms  in  CAD  applications.  By  applying  wavelet  based  image  processing 
algorithms  to  digitized  mammograms,  Qian  and  Clark  (1995)  have  also  shown  that 
clusters  of  microcalcifications  and  their  morphologic  aspects  in  the  processed 
mammograms  were  clearly  presented  when  screen-film  images  were  digitized  with  0.035 
mm  pixel  size,  but  were  very  difficult  to  identify  in  the  original  mammograms  and 
processed  mammograms  with  a  pixel  size  of  0. 1  mm. 
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In  summary,  ROC  studies  have  suggested  that  differentiation  of  benign  from 
maHgnant  cases  always  decreased  because  of  the  large  pixel  size  used  on  the  digitized 
film  images.  This  demonstrated  that  high  spatial  resolution  with  pixel  size  ranging  from 
0.035  mm  to  0.1  mm  is  required  for  digital  mammography  in  order  to  capture  subtle 
microcalcifications  detectable  on  screen-film  mammograms. 

1.3.4.  Dynamic  Range  in  Digital  Mammography 

The  dynamic  range  requirement  of  a  digital  mammography  system  depends  on  the 
x-ray  energy  spectrum,  scattered  radiation,  breast  thickness  and  composition.  For 
molybdenum  (Mo)  target  spectra,  a  number  of  studies  (Gambaccini  et  al.,  1993; 
Nishikawa  et  al.,  1987)  have  shown  that  the  ratios  of  the  maximum  x-ray  intensity  to  the 
minimum  x-ray  intensity  in  the  detector  plane  after  uniform  x-ray  exposure  to  compressed 
breasts  are  generally  in  the  range  from  10  to  100,  and  could  be  as  high  as  400  for  very 
thick  and  dense  breasts. 

Maidment  et  al.  (1993b)  investigated  the  effect  of  dynamic  range  in  digital 
mammography  on  the  discemible  image  gray  levels  when  tungsten  (W)  and  Mo  anode  x- 
ray  spectra  are  used.  This  study  also  took  into  account  the  effect  of  detector  coupling 
efficiency  and  CCD  electronic  noise  on  the  requirement  of  dynamic  range.  It  was  found 
that,  for  an  ideal  detector  (ideal  optical  coupling,  no  inherent  detector  noise)  with  infinite 
dynamic  range,  3100  image  gray  levels  would  be  differentiable  assuming  a  40  KV  W 
anode  spectrum  with  1  mm  Al  filtration.  For  the  same  spectrum,  a  detector  with  total 
coupling  efficiency  of  16  electrons  per  x-ray  interaction  and  a  dynamic  range  of  3000 
would  decrease  the  number  of  gray  levels  that  could  be  resolved  by  only  2%  compared  to 
the  ideal  detector.  This  reduction  increased  to  26%  for  a  detector  with  total  coupling 
efficiency  of  2  electrons  per  interacted  x-ray  and  a  dynamic  range  of  240.  Hence,  it  is 
desirable  to  have  a  detector  with  a  dynamic  range  about  3000  to  improve  the  resolvable 
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image  gray  levels  ( i.e.,  signal  to  noise  ratio).  Furthermore,  they  found  that,  on  the  basis 
of  dynamic  range,  W  spectra  are  preferable  for  digital  mammography,  since  Mo  spectra 
yielding  the  same  signal  to  noise  ratio  require  a  detector  with  dynamic  range  twice  as 
large. 

1.3.5.  X-ray  Spectra  and  X-ray  Tube  Heating  Considerations 

Optimized  x-ray  spectra  using  Mo  anode  for  screen-film  mammography  have 
been  investigated  for  many  years  (Beaman  and  Lillicrap,  1982;  Jennings  and  Fewell, 
1979;  Desponds  et  al.,  1991).  It  was  found  that  Mo  anode  x-ray  spectra  in  combination 
with  -30  \xm  thick  added  Mo  filtration  provides  the  optimized  x-ray  spectra  for  most 
imaging  situations.  Recent  investigations  were  to  optimize  x-ray  spectra  from  rhodium 
(Rh)  and  W  anodes  with  different  filtration  materials  (Desponds  et  al.,  1991;  Jafroudi  et 
al.,  1995).  The  Rh  and  W  x-ray  spectra  typically  have  higher  x-ray  energy  thereby 
providing  increased  penetration  compared  to  Mo  x-ray  spectra.  This  allows  the  efficient 
use  of  x-ray  tube  output  for  the  examinations  of  thick  and  radiographically  dense  breasts. 

In  scanning  slot  digital  mammography,  in  addition  to  the  optimizations  usually 
considered  in  screen-film  mammography,  the  optimization  must  take  into  account  of  the 
much  longer  imaging  time  and  very  high  x-ray  tube  heating  constraints.  Yaffe  (1992) 
compare  the  influence  of  detector  geometry  on  imaging  time  and  x-ray  tube  loading  for 
digital  mammography.  To  imaging  an  area  of  18  cm  x  24  cm,  a  slot  x-ray  detector  with 
3.2  mm  and  10  mm  width  would  require  about  60  times  and  20  times  the  x-ray  tube 
loading  of  an  area  detector,  respectively.  As  a  result  of  the  relatively  long  imaging  time  ~ 
five  seconds,  the  x-ray  tube  input  power  must  be  reduced  to  avoid  overheating  the  x-ray 
tube  which  again  increases  the  imaging  time  required.  This  indicated  that  either  a  high 
power  x-ray  tube  with  very  large  tube  heating  capacity  or  higher  x-ray  energy  spectra  are 
needed  for  scanning  slot  digital  mammography. 
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Mo  anode  x-ray  spectra  are  always  desirable  because  they  provide  high  image 
contrast.  Because  of  their  low  x-ray  energies  and  lower  probability  of  penetration,  the  use 
of  Mo  anode  x-ray  spectra  requires  the  development  of  a  high  power  x-ray  tube  with  large 
tube  heating  capacity  which  exceeds  current  x-ray  tube  technology.  At  present,  W  anode 
x-ray  spectra  are  preferred  because  they  provide  higher  x-ray  energies  at  higher  tube 
potential.  Also,  the  x-ray  production  efficiency  of  W  is  higher  than  that  of  Mo.  The 
University  of  Toronto  group  (Fahrig  et  al.,  1992;  Fahrig  and  Yaffe,  1994a;  Fahrig  and 
Yaffe,  1994b)  investigated  the  optimized  x-ray  spectra  based  on  image  signal  to  noise 
ratio  (SNR).  It  was  found  that  a  W  anode  with  Rh  filtration  gives  higher  SNR  at  imaging 
time  from  3  to  8  seconds  than  Mo  anode  with  Mo  filtration. 

1 .4.  Purpose  of  Studv 

1 .4. 1 .  Primary  Objectives 

In  this  study,  two  scintillation  screen  materials  (plastic  scintillating  fiber  screen 
and  a  new  thallium  activated  Csl  (CsI:Tl)  screen)  were  investigated  as  alternatives  to  the 
rare-earth  phosphor  (GdiOiS.Tb)  screen  that  has  been  used  as  the  x-ray  to  light  converter 
in  the  scanning  slot  x-ray  detectors  for  digital  mammography.  The  advantage  of  the 
Gd202S:Tb  phosphor  is  its  high  efficiency  (15%)  in  converting  x-ray  energy  into  light 
photon  energy.  Although  the  intrinsic  spatial  resolution  of  Gd202S:Tb  phosphor  screen 
used  in  mammography  is  very  high  (~  20  Ip/mm),  when  used  in  a  scanning  imaging 
application,  the  achievable  spatial  resolution  is  severely  limited  by  its  delayed 
scintillation  light  emission  which  spreads  light  over  a  long  scanning  distance.  The  x-ray 
interaction  efficiency  of  the  Gd202S:Tb  phosphor  screen  is  also  low  as  a  consequence  of 
using  thin  phosphor  to  maintain  high  spatial  resolution. 
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These  problems  can  be  overcome  by  the  use  of  a  plastic  scintillating  fiber  screen 
(SFS)  or  a  CsI:Tl  screen.  The  scintillation  decay  time  is  about  1  ns  for  plastic  scintillators 
and  about  1  |j,s  for  CsI:Tl  crystal.  These  are  compared  to  about  400  [is  for  the  Gd202S:Tb 
phosphor.  A  SFS  can  potentially  eliminate  the  compromise  between  spatial  resolution  and 
x-ray  interaction  efficiency.  However,  the  energy  conversion  efficiency  of  plastic 
scintillators  is  typically  very  low  and  in  the  range  from  3  to  4.5%.  The  effects  of  this  low 
conversion  efficiency  on  the  achievable  image  signal  performance  and  methods  to 
enhance  the  image  signal  must  be  investigated.  The  use  of  a  CsI:Tl  screen  is  a 
compromise  between  the  use  of  a  Gd202S:Tb  phosphor  screen  and  a  SFS.  The  energy 
conversion  efficiency  of  the  CsI:Tl  crystal  is  12%  which  is  lower  than  that  of  Gd202S:Tb 
phosphor  but  significantly  higher  than  the  plastic  scintillator.  The  CsI:Tl  screen  is 
composed  of  columnar  CsI:Tl  crystals.  This  fiber-like  structure  minimizes  the 
scintillation  light  spread  and  therefore  allows  the  use  of  the  relatively  thicker  CsI:Tl 
screen  to  improve  its  x-ray  interaction  efficiency.  The  performance  of  the  CsI:Tl  screen 
should  be  compared  to  that  of  the  Gd202S:Tb  phosphor  screen  and  SFS. 

The  first  objective  of  this  study  was  to  optimize  the  slot  x-ray  detector  width 
based  on  the  presence  of  scattered  radiation  and  with  consideration  of  the  high  x-ray  tube 
loading  requirement  in  the  scanning  slot  imaging  geometry.  In  principle,  a  smaller  slot 
detector  width  is  desired  for  better  elimination  of  scattered  radiation.  This  will  greatly 
improve  image  contrast  with  no  penalty  in  patient  dose.  However,  the  smallest  slot 
detector  width  is  limited  by  the  x-ray  tube  heat  loading  capacity  and  the  time  permitted  to 
acquire  one  breast  image.  By  studying  the  amount  of  scattered  radiation  present  in  slot  x- 
ray  detectors  of  varying  detector  width,  an  optimized  slot  detector  width  can  be 
determined  which  can  provide  sufficient  scatter  rejection  and  relative  efficient  use  of  x- 
ray  tube  output. 

The  second  objective  of  this  research  was  to  investigate  the  imaging  performance 
of  using  a  novel  high  Z  element  loaded  plastic  scintillating  fiber  screen  or  a  new  CsI:Tl 
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screen  to  replace  the  rare-earth  phosphor  (Gd202S:Tb)  screen  that  has  been  used  as  the  x- 
ray-to-Ught  converter  in  the  initial  designs  of  scanning  slot  x-ray  imaging  detectors  for 
digital  mammography.  One  goal  was  to  determine  the  optimal  material  compositions  to 
be  used  in  a  plastic  scintillating  fiber  screen  which  will  produce  the  appropriate  imaging 
performance  when  used  in  a  slot  x-ray  detector  for  mammography.  The  effects  of  these 
screen  materials  on  the  slot  detector  imaging  performance  were  studied. 

The  study  was  divided  into  the  following  three  projects  to  determine  the  optimal 
slot  detector  width  based  on  the  effect  of  scattered  radiation,  and  quantify  the  slot  detector 
signal  and  noise  performances  related  to  the  different  screen  materials. 

1.4.2.  Scatter  to  Primary  Ratios 

Monte  Carlo  simulations  were  performed  to  quantify  the  amoimt  of  scattered 
radiation  in  a  scanning  slot  detector  geometry  designed  for  use  in  digital  mammography. 
Ratios  of  the  scatter  to  primary  (S/P)  x-ray  photon  energy  absorbed  in  the  detector  were 
obtained  for  a  lucite  phantom  and  were  investigated  as  a  function  of  photon  energy, 
phantom  thickness  and  slot  detector  width.  For  accurate  computation,  the  Monte  Carlo 
simulations  implemented  the  corrections  of  atomic  electron  binding  effect  for  Compton 
scattering,  and  inter-molecular  interference  on  the  coherent  scattering  cross  section  data. 
The  relative  contributions  of  Compton  and  coherent  scattering  to  the  total  scattered 
radiation  reaching  the  detector  were  determined.  In  addition,  the  scatter  reduction  by  the 
use  of  an  air  gap  was  assessed  and  compared  to  that  of  using  grids  in  conventional  screen- 
film  mammography.  By  comparing  the  difference  of  S/P  ratios  in  slot  x-ray  detectors 
using  two  different  scintillating  screen  materials,  the  results  obtained  were  generalized 
and  can  readily  be  applied  to  enable  the  design  and  optimization  of  current  and  future 
development  of  scanning  slot  x-ray  imaging  systems. 
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1.4.3.  Signal 

Image  signal  and  spatial  resolution  performances  of  a  polystyrene  based  SFS, 
various  high  Z  element  loaded  SFSs,  the  CsI:Tl  screen,  and  all  the  corresponding  slot  x- 
ray  detectors  were  investigated  by  theoretical  analysis  and  experimental  methods.  The 
signal  was  characterized  by  the  screen  x-ray  interaction  efficiency,  number  of  scintillation 
light  output  from  the  screen  per  interacted  x-ray,  and  finally  the  number  of  CCD  electrons 
produced  from  each  incident  x-ray  photon.  Spatial  resolution  was  depicted  by  quantifying 
the  modulation  transfer  functions  of  the  screens  and  the  slot  x-ray  detectors  made  of  these 
screens.  For  SFSs,  the  effects  of  loading  high  Z  element  into  the  SFS,  the  effects  of  the 
concentration  of  a  high  Z  element  in  a  SFS,  and  the  effect  of  SFS  thickness  on  the  signal 
and  spatial  resolution  performance  of  the  screens  and  slot  x-ray  detectors  were  studied  in 
detail.  The  signal  intensity  and  spatial  resolution  of  a  prototype  scarming  slot  x-ray 
detector  using  the  CsI:Tl  screen  were  measured  and  compared  to  that  of  the  same  slot  x- 
ray  detector  using  a  Gd202S:Tb  phosphor  screen.  The  spatial  resolution  performance  of  a 
Polystyrene  based  SFS  was  also  measured  using  an  image  intensifier  system. 

1 .4.4.  Noise 

This  project  investigates  the  noise  performance  in  these  novel  scintillation  screens 
and  their  corresponding  slot  x-ray  detectors.  Scintillation  light  intensity  distributions  from 
monoenergetic  x-ray  interactions  in  these  scintillation  screens  were  generated  and  used  to 
analyze  the  Swank  factors  and  zero  spatial  frequency  detective  quantum  efficiency 
(DQE(O))  of  the  scintillation  screens.  A  modified  cascaded  noise  propagation  model  was 
used  to  describe  the  noise  propagation  in  the  slot  x-ray  detectors.  This  analysis  allowed 
the  computation  of  spatial  dependent  DQE  of  the  slot  x-ray  detector.  The  effects  of  x-ray 
energy,  x-ray  exposure,  image  guide  coupling  efficiency,  CCD  quantum  efficiency,  and 
CCD  electronic  noise  on  detector  DQE  were  studied.  The  differences  in  noise 
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performances  among  various  SFSs  and  their  corresponding  slot  x-ray  detectors 
compared.  The  advantages  and  problems  for  SFSs  and  CsI:Tl  screen  were  identified. 


CHAPTER  2 

SCANNING  SLOT  X-RAY  DETECTORS  FOR  MAMMOGRAPHY 

2.1.  Introduction 

In  this  study,  a  scanning  slot  x-ray  detector  and  a  prototype  imaging  system  are 
developed  to  investigate  the  use  of  two  new  scintillation  screens  as  alternatives  to 
conventional  rare-earth  phosphor  screens  as  the  x-ray-to-light  converter  in  the  scanning 
slot  digital  mammography  approach.  The  two  scintillation  screens  are  a  plastic 
scintillating  fiber  screen  (SFS)  and  a  Thallium  activated  Csl  scintillation  screen  (CsI:Tl). 

A  SFS  is  composed  of  individual  plastic  scintillating  fibers  fused  together  with 
their  axes  aligned  to  the  direction  of  the  incident  x-ray  beam.  Because  the  scintillation 
light  dispersion  is  limited  to  the  individual  fiber  diameter,  a  relatively  thick  SFS  can  be 
used  to  increase  its  x-ray  interaction  efficiency  without  degrading  spatial  resolution.  The 
scintillation  decay  time  of  a  plastic  scintillator  is  only  a  few  nanoseconds  which 
guarantees  no  loss  of  modulation  transfer  function  when  an  SFS  is  used  in  the  scanning 
imaging  applications. 

The  CsI:Tl  screen  has  similar  advantages  over  rare-earth  phosphor  screens  when 
used  in  a  scanning  slot  x-ray  detector  for  digital  mammography.  The  scintillation  decay 
time  for  CsI:Tl  is  only  ~1  |is  which  eliminates  the  afterglow  effect  associated  with  the  use 
of  rare-earth  phosphor.  The  CsI:Tl  screen  is  configured  of  prismatic  Csl  crystals 
(needles).  This  fiber-like  structure  serves  to  limit  the  spread  of  the  scintillation  light 
which  permits  the  use  of  a  relatively  thick  CsI:Tl  screen  to  improve  detector  x-ray 
interaction  efficiency  without  sacrificing  resolution  performance. 
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In  this  chapter,  characteristics  of  these  new  scintillation  screens  are  described.  A 
slot  x-ray  detector  which  can  use  either  one  of  the  new  scintillation  screens  is  designed. 
A  description  of  a  prototype  scanning  slot  imaging  system  which  was  used  to  measure  the 
imaging  performance  of  the  slot  x-ray  detectors  is  given. 


2.2.1.  Materials  and  Structures 

A  schematic  of  a  slot  shaped  plastic  scintillating  fiber  screen  (SFS)  designed  for 
mammography  is  shown  in  Figure  2-1.  Because  plastic  scintillators  have  much  lower  x- 
ray  stopping  power  than  typical  phosphor  screens  used  in  mammography,  it  is  necessary 
that  the  thickness  of  a  plastic  SFS  should  be  greater  than  1  cm  to  produce  a  reasonably 
high  x-ray  interaction  efficiency.  To  take  account  of  the  parallax  effect  as  a  resuh  of  this 
relatively  larger  thickness,  the  fiber  axes  are  arranged  to  be  parallel  to  the  direction  of  the 
incident  x-rays,  as  shown  in  Figure  2-1 .  At  the  end  of  the  slot  detector  closest  to  the  chest 
wall,  the  fibers  are  normal  to  the  slot  plane. 


2.2.  Scintillation  Screens 


Reflective  coating 


Light  output 


Figure  2-1.  A  slot  shaped  plasfic  scintillating  fiber  screen  (SFS). 
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A  layer  of  reflective  coating  painted  on  the  SFS  front  surface  can  be  used  to 
reflect  the  light  which  are  transmitted  to  this  surface  back  to  the  SFS  output.  The  use  of 
this  layer  of  reflective  coating  has  been  measured  to  increase  the  SFS  light  output  by  a 
factor  of  about  1.8  using  a  polystyrene  based  SFS  based  imaging  intensifier  imaging 
system  (Choi  et  al.,  1994). 

Recently,  a  new  CsI:Tl  screen  became  available  from  Hamamatsu  Photonics  K.K., 
Japan  (Okumura  et  al.,  1995).  This  screen  is  composed  of  prismatic  Csl  crystals,  which 
are  made  by  using  a  special  evaporation  method  to  enable  the  needle-shaped  Csl  crystals 
(needles)  to  grow  in  the  direction  perpendicular  to  a  supporting  base.  The  needle  size  is 
about  5  |im  and  very  uniform.  Figure  2-2  shows  the  scintillation  light  dispersion  in  the 
CsI:Tl  screen  to  that  in  a  Gd202S:Tb  phosphor  screen.  When  scintillation  is  generated  in 
each  needle,  the  needle  serves  as  a  guide  to  conduct  the  light.  This  fiber-like  structure 
results  in  a  very  high  resolution. 


Figure  2-2.  Scintillation  light  dispersion  in  a  prismatic  type  Csl:Tl  screen  (left)  and  a 
Gd202S:Tb  phosphor  screen  (Right).  Picture  is  taken  from  the  work  of  Okumura  et  al. 
(1991). 
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The  supporting  base  of  this  CsI:Tl  screen  is  uniquely  a  glass  fiber  optical  plate 
with  numerical  aperture  equal  to  1 .0.  The  fiber  diameter  is  6  )i,m.  The  core  glass  packing 
fraction  is  75%.  This  provides  an  excellent  optical  interface  which  preserves  the  high 
spatial  resolution  of  the  CsI:Tl  screen. 

2.2.2.  X-ray  Conversion 

At  x-ray  energies  used  in  mammography,  x-ray  interactions  within  a  SFS  include 
photoelectric  effect,  Compton  scattering,  and  coherent  scattering.  Figure  2-3  shows  the  x- 
ray  interaction  processes  of  these  three  interaction  mechanisms.  Each  number  represents  a 
case  where  an  incident  x-ray  interacts  in  the  SFS. 

Incident  X-ray  Photons 
(2)  (3)     (1)     (6)    (5)  (4) 


Compton  Scattered  Coherently  Scattered 

X-ray  Photons  X-ray  Photons 


Figure  2-3.  X-ray  interaction  mechanisms  in  a  plastic  scintillating  fiber  screen. 

In  the  photoelectric  absorption  process  as  shown  for  incident  x-ray  photon  (Case 
1),  the  x-ray  photon  undergoes  an  interaction  with  the  absorber  atom  in  which  the  x-ray 
photon  completely  disappears.  An  energetic  photoelectron  is  ejected  by  the  atom  from 
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one  of  its  bound  shells.  The  atomic  excitation  energy  is  released  through  the  emission  of 
characteristic  x-rays  or  Auger  electrons.  For  the  plastic  SFS,  the  binding  energy  of  the 
photoelectron  in  its  original  shell  is  so  small  that  the  majority  of  the  original  x-ray  photon 
energy  is  carried  by  the  photoelectron. 

A  large  fraction  of  the  x-ray  interactions  within  the  SFS  are  through  the  Compton 
scattering  process.  The  scattered  x-ray  energy,  Es,  is  a  fiinction  of  the  incident  x-ray 
energy,  E,  and  the  angle,  9,  of  the  scattered  x-ray  photon  with  respect  to  its  original 
direction,  and  is  given  by 


Es  =  E   (^-^^ 


1  +  (1-COS0) 

5ir  ^ 


where  E  and  Es  are  in  keV.  The  minimum  scattered  x-ray  photon  energy  occurs  when  0  = 
n.  For  example,  the  minimum  scattered  x-ray  photon  energy  is  about  18.55  keV  and  26.85 
keV  for  20  keV  and  30  keV  incident  x-ray  photons  respectively.  The  majority  of  the 
original  x-ray  photon  energy  is  carried  away  by  the  Compton  scattered  photons.  As  shown 
in  Figure  3-2,  a  Compton  scattered  photon  can  either  escape  the  SFS  without  interaction 
(Case  2),  or  interact  again  within  the  SFS  by  photoelectric  absorption  (Case  3).  Case  3 
leads  to  a  spatial  spread  of  the  deposited  x-ray  energy  and  produces  false  image 
information. 

Compared  to  photoelectric  absorption  and  Compton  scattering,  the  cross  section 
for  coherent  scattering  is  relatively  small.  In  a  coherent  scattering  event.  All  the  original 
x-ray  energy  is  transferred  to  the  scattered  x-ray  photon  energy  without  any  energy 
deposition  in  the  interaction  site.  Like  the  Compton  scattered  photons,  coherently 
scattered  photons  can  either  leave  the  SFS  without  interaction  (Case  4)  or  totally  be 
absorbed  by  the  SFS  at  a  remote  location  from  the  original  interaction  site  (Case  5).  Case 
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6,  as  shown  in  Figure  3-2,  is  an  example  of  an  incident  x-ray  photon  undergoing  muhiple 
scattering  within  the  SFS. 

It  is  desirable  that  x-ray  interactions  inside  a  SFS  be  dominated  by  the 
photoelectric  effect.  However,  the  interaction  cross  sections  of  Compton  interaction  and 
the  photoelectric  effect  are  comparable  in  the  plastic  SFS.  The  scattered  x-ray  photons 
carry  most  of  the  incident  x-ray  energy  away  from  the  primary  interaction  sites.  This 
effect  leads  to  variation  in  the  x-ray  energy  deposition  per  incident  x-ray.  Reabsorption  of 
these  scattered  x-ray  photons  within  the  SFS  also  leads  to  a  spatial  spread  of  deposited  x- 
ray  energy  from  a  single  incident  x-ray. 

It  is  clear  that  imaging  performance  of  a  plastic  SFS  could  be  significantly 
improved  by  increasing  the  probability  of  photoelectric  conversion  of  the  x-ray  photons. 
This  can  be  achieved  by  incorporating  compounds  containing  high  Z  elements  into  the 
core  of  plastic  scintillating  fibers.  Loading  high  Z  element  into  the  plastic  scintillator  has 
been  done  for  many  years.  Various  weight  percentages  of  Lead  (Pb)  and  Tin  (Sn)  have 
been  loaded  in  plastic  scintillators  for  a  variety  of  special  applications  (Becker  et  al., 
1975;  Birks,  1964;  Eriksson  et  al.,  1974;  Hyman  and  Ryan,  1958).  For  example.  Nuclear 
Enterprise  (NE)  has  a  plastic  scintillator  (NE-140)  which  contains  10%  by  weight  Sn 
(Nuclear  Enterprise  Technology  Inc.,  1993).  Bicron  (Bicron  Corporation,  12345  Kinsman 
Rd.,  Newbury,  OH  44065)  makes  a  product  (BC-452)  which  contains  5%  by  weight  Pb. 
Unfortunately,  loading  high  Z  elements  leads  to  impurity  quenching  (decreased  light 
output)  in  the  plastic  scintillators  (Sandler  and  Tsou,  1964).  An  impurity  quenching 
factor,  q,  is  defined  as  the  fraction  of  light  loss  due  to  the  addition  of  high  Z  elements  in 
the  SFS.  q  is  dependent  on  the  choice  of  the  high  Z  element  and  its  concentration.  In  this 
study,  two  types  of  plastic  scintillating  fibers  were  modeled  from  the  high  Z  element 
plastic  scintillators.  One  is  a  scintillating  fiber  with  5%  by  weight  tin  loaded  into  the 
polystyrene  based  scintillation  core  material.  Another  is  made  of  a  tin  loaded  polystyrene 
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based  scintillator.  The  tin  concentration  within  the  fiber  was  varied  fi-om  5%  to  10%  to 
investigate  its  effect  on  the  imaging  performance. 

For  the  CsI:Tl  screen,  x-ray  interactions  are  always  dominated  by  photoelectric 
effect  at  mammography  x-ray  energies.  In  the  typical  x-ray  energy  range  of  15  to  30  keV, 
CsIrTl  screen  has  the  desired  properties  which  convert  the  x-ray  energy  into  scintillation 
light  at  the  primary  interaction  sites.  However,  it  has  been  proposed  that,  in  scarming  slot 
digital  mammography,  a  higher  x-ray  tube  potential  (-40  kV)  should  be  used  to  reduce 
the  extremely  high  requirement  of  x-ray  tube  output  when  a  lower  x-ray  energy  is  used 
(Maidment  et  al.,  1993a).  This  involves  a  fraction  of  x-rays  with  energies  greater  than  the 
iodine  and  cesium  K-edges  (33.2  keV  for  iodine  and  36.3  keV  for  cesium  with 
fluorescence  yield  ~  88%  for  both).  Following  interactions  of  these  high  energy  x-rays  in 
the  CsI:Tl  screen,  the  number  of  K-characteristic  x-rays  emitted  almost  equals  the  number 
of  these  high  energy  x-rays.  These  K-characteristic  x-rays  are  emitted  isotropically  and 
can  lead  to  a  large  spatial  spread  of  x-ray  energy  deposition  in  the  CsI:Tl  screen. 

2.2.3.  Scintillation  Light  Emission 

The  process  of  fluorescence  is  the  prompt  emission  of  visible  radiation  from  a 
substance  following  its  excitation  by  some  means.  When  the  excitation  is  caused  by  the 
ionizing  radiation,  the  fluorescence  is  also  referred  as  scintillation.  The  energetic 
photoelectrons  from  the  x-ray  interactions  cause  the  excitation  of  molecules  in  the  SFS. 
The  fluorescence  processes  arise  from  transitions  in  the  energy  level  structures  of  these 
excited  molecules  (Birks,  1964). 

To  efficiently  convert  the  SFS  light  output  into  electronic  signals,  the  wavelength 
of  the  SFS  scintillation  light  should  be  in  the  range  where  the  quantum  efficiency  of  the 
CCD  is  high.  Fluorescence  spectrum  of  polystyrene  based  scinfillator  peaks  at  about  310 
nm  where  typical  CCD  quantum  efficiency  is  very  low.  Polystyrene  based  scintillators 
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also  contain  one  or  more  wavelength-shifting  solutes  (dye),  which  scavenge  energy  from 
excited  molecules  and  emit  at  longer  wavelengths.  For  the  plastic  scintillator  investigated 
in  this  study,  two  solutes  were  used:  a  primary  solute  and  3-Hydroxyflavone  (3HF). 
Energy  transfer  between  polystyrene  and  the  primary  solute  is  through  a  resonant  dipole- 
dipole  process,  with  fluorescence  emission  peaking  at  about  340  nm.  Energy  transfer 
between  the  two  solutes  is  through  the  radiative  process  in  which  emission  is  followed  by 
absorption  of  light.  Figure  2-4  shows  the  absorption  and  fluorescence  spectra  of  3HF  in 
polystyrene.  The  quantum  efficiency  of  the  Kodak  KAF-0360  CCD  is  also  shown  in 
Figure  2-4.  The  use  of  3  HF  matches  the  scintillation  light  from  the  SFS  well  to  the 
quantum  efficiency  of  the  CCD. 


Figure  2-4.  Absorption  (  )  and  fluorescence  (  ^)spectra  of  3HF  in  polystyrene. 

Quantum  efficiency  of  the  CCD  is  also  shown. 
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The  energy  conversion  efficiency,  s,  of  a  scintillation  screen  is  defined  as  the 
fraction  of  all  incident  x-ray  energy  which  is  converted  into  visible  light.  One  would 
always  prefer  this  efficiency  to  be  as  high  as  possible.  Unfortunately,  there  are  alternate 
de-excitation  processes  available  to  the  excited  molecules  which  do  not  involve  the 
emission  of  light  and  in  which  the  excitation  is  degraded  mainly  to  heat.  As  a  resuh,  8  of 
all  polystyrene  based  plastic  scintillators  are  low.  In  this  study,  a  value  of  4.5%  for  e  is 
used  from  comparing  the  measured  scintillation  pulse  height  spectra  of  the  polystyrene 
based  scintillator  with  a  standard  plastic  scintillator  with  e  value  of  3%  (Bicron 
Corporation,  Ohio). 

Although  a  polystyrene  based  plastic  scintillator  is  transparent  to  the  fluorescence 
of  3HF,  there  is  some  overlap  between  the  optical  absorption  and  emission  spectra  of  the 
primary  solute.  This  leads  to  the  self-absorption  of  fluorescence.  This  light  loss  is 
independent  of  the  fiber  length.  In  this  study,  a  15%  light  loss  (L)  was  used  to  account  for 
this  self-absorption. 

For  the  CsI:Tl  screen,  the  prismatic  Csl  crystals  produce  strikingly  more  efficient 
light  transmission  than  the  powder  type  material  such  as  Gd202S:Tb.  This  could 
compensate  for  its  lower  x-ray  energy  conversion  efficiency  (12%)  compared  to  that 
(15%)  of  Gd202S:Tb  phosphor  screen.  Figure  2-5  shows  the  scintillation  light  spectrum 
for  CsI:Tl  screen.  The  quantum  efficiency  of  the  CCD  (Kodak  KAF-0360)  is  also  plotted 
in  Figure  2-5  for  comparison.  The  light  emission  peaks  at  -575  nm  and  the  wavelengths 
of  about  2/3  of  the  light  are  greater  than  550  nm,  where  the  quantum  efficiencies  of  the 
typical  CCD  are  high. 

2.2.4.  Scintillation  Light  Collection 

In  a  SFS,  scintillation  light  produced  by  the  ionizing  photoelectron  is  guided  by 
internal  reflections  along  the  scintillating  fiber,  as  shown  in  Figure  2-6. 
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Figure  2-5.  Scintillation  light  spectrum  of  the  CsI:Tl  screen  and  quantum  efficiency  of  the 
CCD  used. 
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Figure  2-6.  Scintillation  light  collection  and  transmission  in  a  scintillating  fiber  screen. 
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Visible  light  emitted  within  the  critical  angle  9c  will  be  transmitted  along  each 
fiber.  0c  can  be  calculated  from 


9(,  =  cos 


^clad 


(2-2) 


core ' 


where  riciad  and  ricore  are  the  refractive  indexes  of  the  optical  fiber  cladding  and  core 
materials.  A  layer  of  extramural  absorber  material  is  coated  to  the  fiber  cladding  to  absorb 
those  light  photons  which  penetrate  the  fiber  core/cladding  interface.  The  fi-action  (F)  of 
scintillation  light  which  is  transmitted  within  a  fiber  in  one  direction  is  given  by 

F  =  --(l--^^)-100%  (2-3) 
^  ^core 

The  values  of  F  for  some  combinations  of  polymers  are  given  in  Table  2-1  below. 


Table  2-1.  Refractive  index  of  selected  polymers  and  scintillation  light  collection 
efficiency  of  the  corresponding  fibers.  


Core  Material 

Cladding  Material 

F 

Polystyrene  (PS)  (n=1.59) 

PMMA  (n=1.49) 

0.031 

PS 

Fluorinated  Polymer  (FP)  (n=l  .35) 

0.075 

It  is  seen  that  the  fluorinated  polymer  (FP)  cladding  produces  a  factor  of  greater 
than  2  scintillation  light  collection  efficiency  over  the  traditional  PS/PMMA 
core/cladding  combination.  The  critical  angle,  0c,  is  31.9°  for  PS/FP  fiber  and  20.4°  for 
PS/PMMA  fiber. 

In  the  CsI:Tl  screen,  although  a  relatively  large  fi-action  of  scintillation  light  is 
channeled  down  the  individual  Csl  crystal,  there  is  also  a  large  amount  of  scintillation 
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light  which  penetrates  the  interface  between  Csl  crystal  and  air  gap  and  reaches  the  screen 
output  at  a  lateral  distance  away  from  the  emission  site.  In  addition,  there  is  a  substantial 
transmission  loss  of  scintillation  light.  Figure  2-7  shows  the  scintillation  light  output  from 
the  CsI:Tl  screen  as  a  function  of  CsI:Tl  screen  thickness  measured  by  Okumura  et  al. 
(1995)  for  uniform  x-ray  exposure  to  the  CsI:Tl  screen  using  a  Tungsten  (W)  anode  x-ray 
tube  operating  at  28  kVp  with  1.8  mm  Aluminum  filtration.  The  measurement  data  was 
obtained  from  the  manufacturer.  It  is  seen  that  a  thickness  of  50  mg/cm"^  (150  |am)  thick 
CsI:Tl  screen  gives  the  maximum  light  output. 


Figure  2-7.  Scintillation  light  output  as  a  ftinction  of  CsI:Tl  screen  thickness  as  given  by 
Okumura  et  al.  (1995). 
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2.3.  Slot  X-ray  Detectors 

2.3.1.  Detector  Structures 

A  schematic  of  the  slot  x-ray  imaging  detector  is  shown  in  Figure  2-8.  The 
incident  x-ray  photons  are  absorbed  in  the  slot  shaped  scintillation  screen.  Scintillation 
light  is  produced  and  transmitted  by  the  fiber  optic  image  guides  to  the  Charge  Coupled 
Devices  (CCD)  operated  in  the  time-delayed  integration  (TDI)  mode.  In  this 
configuration,  eight  SFS-Fiberoptic  Image  Guide-CCD  modules  are  used  to  form  an  x-ray 
imaging  detector  with  length  >  20  cm.  The  bend  in  the  fiber  optical  image  guides 
eliminates  physical  interference  between  the  adjacent  CCDs,  and  ensures  that  the  CCDs 
are  not  directly  exposed  to  the  x-ray  field. 


CCDs 


Figure  2-8.  Schematic  of  a  slot  x-ray  detector. 

2.3.2.  Fiber  Optic  Image  Guide 

The  fiber  optic  image  guide  collects  the  scintillation  light  image  originated  from 
x-ray  absorption  within  the  scintillation  screen  and  transfers  the  image  to  the  CCDs. 
There  is  no  reduction  in  image  size  in  the  image  guide. 
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When  a  plastic  scintillating  fiber  screen  is  used  as  the  scintillation  screen,  the 
image  guide  can  actually  be  a  continuous  extension  of  the  SFS.  This  eliminates  additional 
light  transmission  loss  due  to  the  use  of  a  separate  fiber  optical  image  guide.  For  a  CsI:Tl 
screen  based  slot  x-ray  detector,  a  glass  or  plastic  optical  fiber  image  guide  can  be  used. 

2.3.3.  CCD  Camera  and  Image  Readout 

A  modular,  low  noise,  fast  readout  CCD  camera  was  developed.  This  CCD 
camera  is  designed  to  be  operated  at  ambient  temperature.  The  output  from  a  CCD  is 
amplified  and  then  digitized  at  2  MHz  with  a  14  bit  analog-to-digital  converter  (ADC) 
located  in  the  camera  head.  In  the  prototype  detector,  CCDs  are  readout  in  parallel  in 
order  to  maintain  ~4  cm/second  scanning  speed.  Correlated  double  sampling  (CDS)  is 
implemented  to  reduce  the  effect  of  CCD  reset  noise.  The  image  data  is  then  captured  by 
a  PCI  based  image  grabber  developed  by  Imaging  Technology  Inc.  This  grabber  is 
capable  of  acquiring  image  data  at  35  MByte/s,  which  can  handle  the  simultaneously 
output  from  eight  camera  modules  (2  MHz  x  2Byste  x  8  =  32  MByte/s).  Each  of  the  eight 
slot  images  is  transferred  into  the  composite  image  which  forms  the  entire  mammogram. 
The  final  image  is  in  a  8k  x  8k  x  14  bits  format.  The  specifications  of  the  CCDs  used  are 
shown  in  Table  2-2. 


Table  2-2.  Specifications  of  the  CCD  from  Eastman  Kodak  Company.  Model  KAF-0360. 


Size 

26.4  mm  x  7.92  mm 

Pixel  size 

24  |im  x  24  i^m 

Array 

1100x330 

Full  Well  Capacity 

400,000  electrons 

Dark  Current  @25°C 

1 080  eVpixel/second 

Readout  Noise  (2)J  MHz  (S,25°C 

50  e'  rms/pixel  see  note 

note:  correlated  double  sampling  is  assumed 
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2.4.  Prototype  Imaging  System 

2.4.1.  Principle  Structure 

Figure  2-9  shows  the  prototype  testing  system  which  was  developed  to  evaluate 
the  imaging  performance  of  the  scarming  slot  x-ray  detector.  Imaging  was  performed 
using  a  Senograph  5007  mammography  x-ray  unit.  The  x-ray  tube  had  an  Molybdenum 
(Mo)  anode  with  a  30  mm  added  Mo  filter.  A  0.3  mm  focal  spot  and  a  source  to  detector 
distance  of  60  cm  were  used.  A  fan  beam  of  x-rays  was  formed  at  the  x-ray  tube  output  by 
the  use  of  a  Lead  collimator  which  resulted  in  an  x-ray  field  size  of  20  cm  x  1  cm  at  the 
slot  detector  plane. 


Front  view 


Side  view 


x-ray  tube 


fan  beam 


phantom 


slot  detector 


focal  spot 


  linear  table 


Figure  2-9.  A  diagram  of  the  prototype  testing  system. 


2.4.2.  Time-Delaved  Integration  Mode  of  CCD  Operation 


To  allow  a  smooth  mechanical  motion  during  the  image  acquisition,  the  CCDs  are 
operated  in  the  time-delayed  integration  (TDI)  mode.  Each  CCD  is  capable  of  bi- 
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directional  TDI  mode  operation,  and  is  operated  in  Multi-Pinned-Phasing  (MPP)  mode  of 
operation  to  reduce  CCD  pixel  dark  current  generation.  Figure  2-10  shows  the  principle 
of  TDI  operation. 
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Figure  2-10.  Schematic  diagram  of  the  TDI-CCD  architecture. 


TDI  is  based  on  the  concept  of  taking  multiple  exposure  of  the  same  object 
(Holdsworth  et  al.,  1990;  Wong  et  al.,  1992).  In  TDI  operation,  as  the  detector  is  moved 
across  the  breast  at  constant  speed  in  the  direction  parallel  to  the  X-direction,  the  charge 
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collected  in  each  pixel  of  the  CCD  is  shifted  down  its  column  at  the  same  speed  as  that  of 
the  scan  but  in  the  opposite  direction  (-X-direction).  This  allows  the  charge  generated  in 
one  portion  of  the  image  to  integrate  in  the  CCD  pixels  along  the  X-direction  during 
image  acquisition.  If  the  total  number  of  CCD  pixels  in  the  X-direction  is  N,  the  final 
image  signal  will  be  N  times  larger  than  that  accumulated  in  any  individual  pixel. 

After  integrating  N  times,  one  column  of  the  CCD  charges  are  shifted  to  the  serial 
register  where  the  charges  are  read  out  at  high  speed.  A  line  of  the  final  image  is  then 
formed.  The  CCD  readout  noise  only  contributes  once  to  the  integrated  signal.  N  =  330 
for  the  Kodak  KAF  0360  CCD. 

Instead  of  scanning  the  detector  and  the  fan  x-ray  beam,  the  prototype  system  had 
a  phantom  mounted  on  a  5  mm  thick  acrylic  plate  supported  by  a  linear  motion  table. 
Phantom  images  were  acquired  by  moving  the  phantom  from  one  side  of  the  slot  detector 
to  the  other  side  in  the  direction  parallel  to  the  slot  detector  short  dimension.  After  the 
phantom  moved  one  CCD  pixel  size  distance,  a  synchronization  signal  was  generated  to 
shift  the  integrating  image  on  the  CCD  one  pixel  line  in  the  opposite  direction  of  the 
moving  phantom  as  depicted  in  Figure  2-11. 

The  synchronization  between  the  object  motion  and  CCD  pixel  charge  movement 
is  the  critical  circuit  that  permits  the  imaging  operation.  An  electronic  pulse  signal  which 
is  related  to  the  motion  can  be  obtained  through  the  application  of  an  linear  encoder  to  the 
linear  motion  table  moving  the  phantom.  This  signal  can  be  modified  as  the  application 
demands  and  sent  to  the  CCD  camera  so  that  the  CCD  charge  shifting  is  slaved  to  the 
motion  of  the  phantom.  In  this  way,  any  speed  variation  in  the  scanning  motion  is 
automatically  coupled  to  CCD  clocking  which  shifts  the  CCD  pixel  charge.  The  usually 
small  fluctuation(~  ±  2%)  around  the  average  speed  of  the  linear  table  will  not  affect  the 
image  spatial  resolution.  The  synchronization  signal  was  obtained  from  a  timing  circuit 
which  counted  the  output  of  a  high  resolution  (0.2  \im)  linear  encoder  attached  to  the 
linear  motion  table. 
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Figure  2-11.  Functional  diagram  of  the  prototype  testing  system. 

2.4.3 .  Spatial  Resolution  in  TDI  Mode  Operation 

The  TDI  mode  of  image  data  acquisition  introduces  several  variables  which 
degrade  the  detector  modulation  transfer  function  (MTF(/),  where  f  is  spatial  frequency) 
(Wong  et  al.,  1992).  Velocity  mismatch  and  discrete  charge  motion  cause  MTF 
degradation  in  the  TDI  direction.  MTF  degradation  also  occurs  if  the  TDI  columns  are  not 
aligned  perfectly  with  the  mechanical  scan  direction.  The  image  MTF  can  be  described  as 
the  product  of  the  MTF  without  all  these  degradation  factors  and  the  MTFs  due  to  various 
degradation. 

In  this  scanning  slot  imaging  system  design,  CCD  charge  shifting  is  slaved  to  the 
mechanic  motion  by  the  use  of  a  linear  encoder,  MTF  degradation  due  to  velocity 
mismatch  is  eliminated.  However,  even  under  perfect  synchronization,  there  still  is  a 
resolution  loss  because  the  charge  is  transferred  in  discrete  steps  in  TDI  mode  of 
operation.  This  results  in  a  mode  in  which  the  signal  charge  is  always  lagging  behind  the 
image  by  a  subpixel  amount  and  is  never  in  total  synchrony  with  the  optical  image.  The 


Motion  control  commands 


47 


MTFdiscreteC/)  duc  to  this  effect  is  dependent  on  the  clocking  method  for  the  CCD  parallel 
array.  Essentially,  the  greater  the  number  of  moves  per  stage,  the  smoother  of  the  motion 
of  the  signal  charge,  and  thus  the  less  degradation  in  the  MTF  because  of  discrete  charge 
motion.  The  CCD  used  is  a  two  phase  device,  the  MTF  at  Nyquist  frequency  (fw)  of  the 
CCD,  MTFdiscrete(fN),  IS  estimated  to  be  0.9. 

If  the  TDI  columns  subtend  an  angle  9  with  respect  to  the  mechanical  scan 
direction,  the  sampling  aperture  will  move  a  distance  of  NWccd  tcinO  with  respect  to  the 
image  on  the  focal  plane  by  the  time  the  charge  packet  from  the  top  of  the  TDI  column 
reaches  the  bottom  of  the  column.  The  effective  sampling  aperture  for  this  situation  is 
NWccD  (and  in  the  direction  perpendicular  to  the  TDI  direction.  The  MTF  due  to  angular 
misalignment  is  given  by 


where  N  is  the  total  number  of  CCD  pixel  in  the  TDI  column,  N  =  330,  Wccd  is  the  CCD 
pixel  size  in  mm.  For  perfect  alignment,  9  =  0,  MTFaHgnmentC/)  =  1 ,  there  is  no  reduction  in 
image  MTF.  However,  even  for  a  small  angle  of  0.1°  or  0.5°  mis-alignment,  image  MTF 
will  reduce  by  about  10%  or  50%  at  10  Ip/mm  spatial  frequency.  This  misalignment  is  a 
potential  source  of  image  resolution  degradation  in  a  scanning  slot  digital  mammography 
system. 

2.4.4.  CCD  Camera  Noise 

The  total  noise  in  the  image  is  determined  by  many  independent  factors,  including 
x-ray  quantum  noise,  detector  intrinsic  noise,  and  additive  CCD  camera  noise.  The  noise 
of  the  TDI-CCD  camera  arises  from  the  parallel  imaging  array,  the  serial  shift  register, 
and  the  output  structures  (Wong  et  al.,  1992).  The  major  noise  sources  for  the  KAF-0360 


(2-4) 
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based  CCD  camera  include  thermal  noise  (athermai),  CCD  readout  noise  (ar),  and 
quantization  noise  (adigitization)-  The  total  camera  noise  is  given  by 


The  dark  charge  collected  during  the  integration  time  and  during  transit  from  the 
imaging  array  to  the  output  structure  is  characterized  by  a  Poisson  distribution.  Its 
presence  contaminates  the  signal  charge  and  can  contribute  significant  noise  depending 
on  the  temperature  and  integration  time.  Dark  charge  is  generated  both  in  the  bulk  of  the 
silicon  and  at  the  silicon-silicon  dioxide  interface  just  below  the  parallel  gate  structure. 
And  the  latter  is  the  dominant  source.  This  dark  current  component  can  be  reduced  by  a 
factor  of  20  or  more  in  multi-pinned-phase  (MPP)  mode  of  CCD  operation  by  biasing  all 
of  the  parallel  register  gates  to  the  same  negative  voltage.  With  KAF-0360,  the  total  dark 
current  generation  is  D  =  30  pA/cm^  (1080  eVpixel/sec).  The  thermal  noise  in  each  pixel 
of  the  image  is  given  by  (Wong  et  al.,  1992) 


At  scan  line  rate  of  1818  Hz  (5cm/second  scanning  speed),  the  total  integration 
time  tintegration  is  about  0.182  second.  At  readout  rate  of  2  MHz,  treadout  is  negligible 
compared  to  tintegration  So  the  thermal  noise  in  each  image  pixel  is  14  e'  rms. 

The  readout  noise  of  a  CCD  camera  depends  on  many  factors,  such  as  the  inherent 
on  CCD  preamplifier  design,  scan  rate,  the  design  of  the  post-amplifier  electronics,  and 
the  preamplifier  (CCD)  temperature.  The  predominance  of  noise  is  reset  noise  due  to  the 
uncertainty  in  the  voltage  to  which  the  output  node  is  reset  after  each  pixel  is  read,  since 
the  actual  data  is  the  voltage  difference  between  the  reset  level  and  the  valid  video  level. 


(2-5) 


(2-6) 
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Fortunately,  reset  noise  is  almost  completely  removed  by  correlated  double  sampling 
(CDS)  technique.  CDS  takes  advantage  of  the  fact  that  the  same  noise  component  is 
present  on  valid  video  as  on  the  reset  level.  The  use  of  CDS  double  samples  the  off-chip 
amplifiers,  thereby  doubling  the  noise  power  added  to  the  signal.  However,  careful 
design  in  the  amplifier  usually  results  in  very  small  amplifier  noise,  which  is  much 
smaller  than  other  noise  sources  and  is  not  a  significant  contribution  to  the  total  noise. 

The  CCD  charge  transfer  inefficiency  (e  =  0.00005  @  2  MHz  data  rate  for  KAF 
0360)  introduces  shot  noise  because  the  charge  packet  left  behind.  This  noise  is  a 
function  of  the  sum  of  the  number  of  TDI  stages  and  the  number  of  serial  register  stages 
(Nstage),  number  of  CCD  clocking  phase  (there  are  two  phases  for  KAF-0360),  and  the 
number  of  signal  and  thermally  generated  electrons  being  transferred  (Nsignai) 


In  the  CCD  KAF-0360,  there  are  330  stages  in  each  TDI  column,  and  <  1100 
transfers  along  the  serial  shift  register  to  reach  the  output  FET,  giving  Nsignai  ^  1430. 

The  total  readout  noise  (a^,  include  transfer  inefficiency,  preamplifier,  output 
FET  and  amplifier  noise,  is  measured  to  be  50  e"  rms  at  2  MHz  data  rate  at  25°C  by  the 
manufacturer. 

The  analog-to-digital  conversion  (ADC)  quantization  noise  (cTdigi,ization)  is 
expressed  as 


where,  b  is  the  ADC  bits  for  quantization,  b  =  14.  Nsignai(ftill)  is  the  CCD  fiiU  well 
capacity,  Nsignai(fiill)  =  200,000  e".  The  resulted  CTd.guization  is  3.3  e'  rms. 


(2-7) 
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The  total  camera  noise,  acamera,  is  calculated  to  be  52  e'  rms  using  equation  2-5. 
2.4.5.  Detector  Nonuniformity  Correction 

A  flat  fielding  correction  unit  was  implemented  to  do  uniformity  correction  during 
the  image  scanning  process  in  the  camera  readout  hardware.  Because  the  TDI  mode  of 
operation,  this  unit  utilized  a  simple  line  correction  algorithm.  Before  image  acquisition, 
two  line  correction  tables  (8800  pixels/line)  were  recorded.  First,  a  dark  image  is 
generated  by  scanning  the  detector  in  its  normal  TDI  operation  mode  for  the  entire  image 
area  without  x-ray  exposure  to  the  detector.  The  dark  correction  table  Id  is  then  computed 
by  averaging  the  pixel  lines  (perpendicular  to  scan  direction)  of  the  entire  image.  The  flat 
field  correction  table  If  is  obtained  in  the  same  way  with  high  exposure  to  the  detector  so 
that  the  x-ray  intensity  fluctuation  is  negligible.  During  image  acquisition,  each  line  of  the 
original  image  loj  is  corrected  by  the  following  algorithm  (Blouke  et  al.,  1987; 
Holdsworth  et  al.,  1990) 


^^j'^T-rr  (2-9) 


where  Icj  is  theyth  line  of  the  corrected  image.  The  x-ray  quantum  noise  in  the  corrected 
pixel  data  equals  to  that  in  the  uncorrected  pixel  data  because  of  the  averaging  process 
and  high  x-ray  exposure  involved  to  obtain  the  correction  tables. 

Although  this  correction  can  be  performed  after  image  acquisition  using  software, 
this  software  correction  may  take  very  long  time  due  to  the  large  image  data  encountered. 
The  use  of  a  real  time  flat  fielding  correction  unit  reduces  the  digital  mammography 
image  acquisition  time,  and  more  importantly,  enables  the  technician  to  check  the  image 
qualities  while  the  breast  is  still  compressed. 
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The  major  cause  of  image  nonuniformity  is  due  to  detector  nonuniformity  and  x- 
ray  field  nonuniformity.  The  scanning  slot  mammography  system  is  designed  so  that  the 
slot  detector  is  scanned  from  one  side  of  the  breast  to  the  other  side,  in  a  direction  parallel 
to  the  chest  wall.  In  other  words,  the  long  dimension  of  the  slot  detector  is  parallel  to  the 
x-ray  tube  cathode-to-anode  axis.  The  x-ray  field  nonuniformity  mainly  stems  from  the 
heel  effect,  which  can  produce  a  variation  in  x-ray  exposure  by  a  factor  of  -1.5  over  a 
distance  of  1 8  cm  away  fi-om  the  chest  wall.  For  a  source  to  detector  distance  (SDD)  of  ~ 
60  cm  and  image  area  of  ~  18  x  24  cm^,  the  inverse  square  law  plays  a  very  insignificant 
role  in  the  x-ray  field  nonuniformity.  For  example,  this  introduce  a  factor  of  about  1 .05 
over  a  distance  of  15  cm  at  60  cm  SDD.  Ignore  the  effect  of  inverse  square  law,  a  line 
correction  algorithm,  which  corrects  the  detector  nonimiformity,  will  be  adequate  to 
perform  the  x-ray  field  nonuniformity  correction  over  the  entire  filed. 


CHAPTER  3 

SCATTERED  RADIATION  IN  SCANNING  SLOT  MAMMOGRAPHY 


3.1.  Introduction 

3  ■  1  ■  1 .  Subject  Contrast  in  Mammography 

Figure  3-1  illustrates  a  simplified  model  of  mammographic  imaging.  A  lesion  of 
thickness  t  is  embedded  in  a  uniform  background  of  thickness  T.  The  x-ray  attenuation 
coefficients  of  the  lesion  and  uniform  background  are  n'  and  respectively. 
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Figure  3-1 .  Simple  model  of  mammography  image  formation. 


The  intensity  of  primary  x-ray  photons  after  penetrating  through  the  uniform 
background  is  Ob,  and  given  by 
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0£=0oe-^^  (3-1) 

where  Oq  is  the  input  x-ray  photon  flux.  In  the  shadow  of  the  lesion,  the  intensity  if 
penetrating  x-ray  photons,  Ol,  is  given  by 


-[n(r-r>MV] 


0^  =  0o  e  J  (3.2) 

The  subject  contrast,  C,  of  the  lesion  is  determined  by  the  difference  in  x-ray 
transmission  between  background  and  lesion  and  given  by 


Using  Equations  3-1  and  3-2,  the  subject  contrast  will  be  determined  only  by  the 
thickness  of  the  lesion  and  the  difference  between  the  lesion  attenuation  coefficient  (and 
background  attenuation  coefficient  as 


l  +  e^  ^ 


Figure  3-2  shows  the  linear  x-ray  attenuation  coefficients  of  various  breast  tissues 
as  a  function  of  x-ray  energy.  The  data  is  taken  from  the  measurement  data  of  Jones  and 
Yaffe  (1987).  The  small  difference  in  x-ray  attenuation  coefficients  between  breast 
carcinoma  and  normal  breast  tissues  shows  that  the  image  contrast  of  a  breast  lesion  at  its 
earlier  stages  (i.e.,  when  the  lesion  is  small  in  size)  is  very  low,  which  makes  the 
detection  of  breast  cancers  the  most  challenging  imaging  task  in  diagnostic  radiology. 
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Figure  3-2  also  shows  that  the  difference  in  x-ray  attenuation  coefficients  between  the 
breast  carcinoma  and  normal  breast  tissues  decreases  with  increasing  x-ray  energy. 
Mammography  is  therefore  performed  at  low  x-ray  energies  to  maximize  the  lesion 
subject  contrast. 
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Figure  3-2.  Measured  x-ray  attenuation  coefficients  of  different  breast  tissues  as  a 
function  of  x-ray  energy.  Based  on  results  from  Jones  and  Yaffe  (1987). 

3.1.2.  The  Effect  of  Scattered  Radiation  on  Image  Contrast 

The  absorption  of  photons  scattered  from  breast  by  the  image  detector  degrades 
image  contrast  in  the  breast  images.  This  makes  the  perception  of  microcalcification  and 
small  differences  in  tissue  density  more  difficult.  Scattered  photons  contribute  an  added 
x-ray  intensity  Os  to  the  transmitted  x-ray  intensity  Ot.  The  x-ray  image  contrast  at  the 
breast  output  is  reduced  to  Cr  as  given  by 
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C.=C.-^  =  — ^  (3-5) 
/  p 

where  C  is  the  subject  contrast.  Is  and  Ip  are  the  scattered  radiation  intensity  and  primary 
radiation  intensity,  respectively.  (1  +  Is/It)"'  is  the  contrast  reduction  factor.  In  an  x-ray 
imaging  detector  where  the  output  is  the  integration  of  absorbed  x-ray  energy,  the  final 
image  contrast,  Ci,  is  given  by 


Q  =  — ^  (3-6) 


where  S/P  is  the  scatter  to  primary  ratio. 

S/P  is  defined  as  the  ratio  of  the  scattered  to  primary  photon  energies  absorbed  by 
a  small  area  of  the  image  detector.  In  mammography,  S/P  is  a  function  of  the  x-ray 
energy,  x-ray  field  size,  breast  composition,  as  well  as  breast  thickness  (Barnes  and 
Brezovich,  1979;  Dance  and  Day,  1984;  Yester  et  al.,  1981).  In  screen-film 
mammography,  grids  with  either  4:1  or  5:1  rafios  and  strip  line  densities  of  between  30 
and  50  per  centimeter  are  typically  used  to  minimize  the  amount  of  scatter  present  on  the 
mammography  screen-film  combination.  These  mammographic  grids  absorb  75%  to  85% 
of  the  scattered  radiation.  As  a  result,  the  S/P  ratio  in  screen-film  mammography  may  be 
reduced  to  between  -0.10  and  -0.30  (Junck  et  al.,  1996).  At  the  same  time,  however, 
mammographic  grids  only  transmit  60%  to  75%  of  the  primary  x-rays.  To  achieve  the 
optimal  film  density  for  display,  it  is  necessary  to  increase  the  amount  of  x-ray  tube 
output  to  compensate  the  loss  of  x-ray  photons  absorbed  by  the  grid  (primarily  scattered 
radiation)  in  screen-film  mammography.  This  results  in  increased  breast  mean  glandular 
doses  by  a  factor  of  about  two  (Barnes,  1992;  Rothenberg,  1994;  Skubic  and  Fatouros, 
1989). 
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3.1 .3.  Purpose  of  This  Study 

Imaging  systems  using  a  scanning  slot  detector  geometry  have  been  evaluated  for 
use  in  digital  mammography.  These  designs  use  a  collimated  fan  beam  of  x-rays  with  the 
slot  detector  moved  to  cover  the  whole  breast  region  in  about  4  to  6  seconds.  The  choice 
of  the  slot  detector  width  has  typically  ranged  from  ~4  mm  to  -10  mm  (Jing  et  al.,  1994; 
Toker  and  Piccaro,  1993;  Yaffe,  1993).  Use  of  a  smaller  slot  detector  width  will  be 
expected  to  reduce  the  amount  of  scattered  radiation  reaching  the  detector  but  will 
increase  the  x-ray  tube  loading.  Increasing  the  slot  detector  width  permits  the  x-ray  tube 
output  to  be  more  efficiently  utilized  and  will  enable  the  use  of  a  shorter  imaging  time 
thereby  reducing  patient  discomfort.  The  size  of  the  slot  detector  width  directly  affects  the 
expected  value  of  the  S/P  ratios.  A  S/P  value  of  ~0. 1  has  been  reported  by  Fahrig  et  al. 
(1994)  who  used  a  5  cm  thick,  30  x  33  cm  block  of  BR  12  material  with  a  field  size 
restricted  to  16  x  0.93  cm  for  the  slot  measurement.  A  similar  S/P  value  of  <  0.15  has 
also  been  reported  by  Feig  et  al.  (1996).  Specially  designed  grids  used  in  conjunction  with 
a  scanning  slot  x-ray  detector  have  been  shown  to  result  in  large  reductions  in  the  S/P 
ratio,  but  at  the  price  of  an  increase  in  radiation  dose  (Fahrig  et  al.,  1994).  Systematic  data 
on  the  amount  of  scattered  radiation  present  in  the  scanning  slot  mammography  systems, 
however,  are  not  available  in  the  scientific  literature  and  scatter  rejection  by  the  use  of  air 
gaps  also  merits  additional  examination  (Krol  et  al.,  1996;  Court  and  Speller,  1995). 

In  this  chapter,  Monte  Carlo  simulations  were  performed  to  calculate  the  S/P 
ratios  for  a  slot  x-ray  detector  geometry  using  x-ray  photon  energies  currently  used  in 
screen-film  mammography.  The  relative  contributions  of  Compton  and  coherent 
scattering  to  the  total  scattered  radiation  reaching  the  detector  were  determined.  The 
dependence  of  the  S/P  ratio  on  the  slot  detector  material  was  examined.  In  addition,  the 
scatter  reduction  by  the  use  of  an  air  gap  was  assessed  and  compared  to  that  of  using  grids 
in  conventional  screen-film  mammography. 
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3.2.  Monte  Carlo  Method 


3.2.1  Monte  Carlo  Simulation 

In  the  scanning  slot  detector  geometry,  the  solid  angle  of  acceptance  for  a 
scattered  x-ray  is  much  smaller  than  that  encountered  in  conventional  screen-film 
mammography.  In  order  to  perform  an  accurate  Monte  Carlo  simulation,  it  is  not  only 
important  to  accurately  sample  the  x-ray  interaction  processes  by  their  cross  sections,  but 
also  important  to  correctly  sample  the  angles  of  both  Compton  and  coherent  scattered  x- 
rays  (Jones  and  Yaffe,  1983). 

The  EGS4  Monte  Carlo  code  (Nelson  et  al.,  1985)  was  employed  to  simulate  the 
x-ray  interaction  processes  in  a  Lucite  phantom  and  the  slot  x-ray  detector.  The  atomic 
electron  binding  effect  on  Compton  scattering  was  taken  into  account  by  incorporating 
the  changes  in  the  EGS4  code  reported  by  Namito  et  al.  (1995).  The  effect  of  molecular 
structure  on  coherent  scattering  in  the  Lucite  breast  phantom  was  included  using  methods 
described  by  Leliveld  et  al.  (1995). 

The  differential  Compton  cross  section  of  a  bound  electron  for  an  unpolarized 
photon  is  used: 


where(da/dQ)KN  is  the  well  known  Klein-Nishina  fiinction  which  assumes  the  electron 
struck  by  the  incoming  photons  in  an  Compton  scattering  is  initially  unbound  and 
stationary.  (da/dQ)KN  is  defined  as 


(3-7) 


(3-8) 
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where  ro  is  the  classical  electron  radius,  hv  and  hv'  are  the  incident  and  scattered  photon 
energies.  9  is  the  scattering  polar  angle.  S(x,  Z)  is  the  total  molecular  incoherent  scatter 
function  which  was  used  to  treat  the  electron-binding  effect  on  the  angular  distribution  of 
a  Compton  scattered  x-ray.  S(x,  Z)  was  calculated  as  the  weighted  sum  of  the  individual 
atomic  incoherent  scatter  function,  s(x,Zi),  T\  is  the  atomic  number  of  the  /th  atom,  x  is 
the  momentum  transfer  and  is  related  to  the  incident  x-ray  energy,  E,  and  scattering  polar 
angle,  6  as 


(3-9) 


In  sampling  the  coherent  scattering  angle,  the  differential  coherent  scattering  cross 
section  was  given  by 


(3-10) 


where  (da/dQ)Th  is  the  Thomson  differential  cross  section  which  describes  coherent 
scattering  of  a  photon  with  a  free  electron.  (da/dQ)Th  is  given  by 


where  6  is  the  coherent  scatter  polar  angle.  F(x,  Z)  is  the  total  molecular  form  factor  of 
the  attenuation  material.  F(x,  Z)  takes  into  account  the  effective  charge  that  scatters  the 
photon.  In  the  past,  F(x,  Z)  was  calculated  from  the  weighting  sum  of  the  atomic  form 
factors  of  the  individual  atoms,  assuming  that  all  the  atoms  act  independently.  However, 
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it  has  been  shown  that  the  coherent  scattering  cross  section,  and  most  importantly,  the 
coherent  scattering  angle  depend  strongly  on  the  molecular  structure.  Since  coherent 
scattered  photons  are  peaked  in  the  forward  direction,  the  Monte  Carlo  simulation  results 
for  a  slot  x-ray  imaging  detector  would  be  in  significant  error  without  correcting  the 
molecular  structure  effect  on  the  coherent  scattering  differential  cross  section.  Total 
molecular  form  factors  were  available  for  Lucite  (Kosanetzky  et  al.,  1987),  and  were  used 
in  the  Monte-Carlo  simulations  performed. 

3.2.2.  Simulation  Model 

Figure  3-3  shows  the  geometry  used  in  the  Monte  Carlo  simulations. 
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Figure  3-3.  Imaging  geometry  used  in  Monte  Carlo  simulations. 
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The  fan  beam  originates  at  a  point  focus  and  is  collimated  to  the  cross-sectional 
area  of  the  slot  detector.  The  breast  was  modeled  by  a  homogeneous  block  of  Lucite  (20 
cm  X  20  cm  cross  sectional  area)  of  thickness  T  which  ranged  from  2  to  6  cm.  The  x-ray 
source,  one  edge  of  the  Lucite  phantom,  and  one  edge  in  the  short  dimension  of  the  slot 
detector  area  were  aligned  at  the  chest  wall  as  shown  in  Figure  3-3.  The  slot  detector  was 
aligned  with  the  center  of  the  Lucite  phantom  with  an  x-ray  source  to  detector  distance  of 
60  cm.  The  length  of  the  slot  x-ray  detector  was  20  cm  and  the  slot  detector  width,  W, 
ranged  from  4  mm  to  20  mm.  Unless  otherwise  specified,  the  Monte  Carlo  simulations 
had  no  air  gap. 

Two  slot  x-ray  detectors  were  studied.  The  first  detector  (Detector  1)  was  assumed 
to  have  a  100%  efficiency  for  absorbing  x-ray  photons,  regardless  of  their  energies  and 
angles  of  incidence.  The  second  detector  (Detector  2)  consisted  of  a  31.7  mg/cm  thick 
GdiOiSrTb  phosphor  as  the  x-ray  detection  material.  Unless  otherwise  specified,  the 
Monte  Carlo  simulations  used  Detector  1 . 

3.2.3.  X-ray  Energy  and  Breast  Phantoms 

Monte  Carlo  simulations  were  performed  using  monoenergetic  x-ray  photons  with 
energies  ranging  from  15  to  50  keV  and  for  three  representative  mammographic  x-ray 
energy  spectra  taken  from  the  measured  data  of  Fewell  and  Shuping  (1978).  The  x-ray 
spectra  were  generated  using  a  Mo  target  with  30  \im  Mo  added  filtration  at  x-ray  tube 
potentials  of  25,  30,  and  35  kVp.  The  average  photon  energies  of  the  25,  30,  and  35  kVp 
x-ray  spectra  were  17.7,  18.4,  and  19.4  keV  respectively.  As  an  example,  the  30  kVp  x- 
ray  spectrum  is  shown  in  Figure  3-4.  These  measured  x-ray  spectra  were  generated  with 
an  x-ray  tube  with  a  glass  window,  therefore,  are  different  from  those  x-ray  spectra  that 
are  generated  from  the  modem  mammography  x-ray  tubes  which  utilize  a  beryllium 
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window  to  allow  the  output  of  lower  energy  x-rays.  However,  this  difference  in  x-ray 
spectra  is  not  expected  to  have  a  significant  effect  on  the  computed  S/P  ratios. 

0.5  I  _ 

0.4  - 


X-ray  Energy  (keV) 

Figure  3-4.  A  typical  mammography  30  kVp  x-ray  energy  spectrum.  Based  on  results 
from  Fewell  and  Shuping  (1978). 

The  breast  phantom  is  modeled  as  a  homogeneous  block  of  Lucite.  Lucite  has  an 
effective  atomic  number,  Zeff,  of  6.5  which  is  between  those  of  glandular  tissue  (7.4)  and 
adipose  tissue  (5.9).  Lucite  is  used  in  many  mammographic  phantoms  including  the  RMI 
156  phantom  (GAMMEX  RMI,  Middleton,  WI)  used  for  accreditation  purposes  by  the 
American  College  of  Radiology.  Breast  tissue  is  primarily  composed  of  a  mixture  of 
adipose,  glandular  and  fibrous  tissue.  Barnes  and  Brezovich  (1979)  have  shown  that 
Lucite  has  the  same  Zeff  as  breast  tissue  composed  of  65%  fat  and  35%  tissue.  The  density 
of  such  breast  tissue  is  0.95  g/cm^.  Since  the  density  of  Lucite  is  1.19  g/cm^,  a  1  cm 
thickness  of  Lucite  is  equivalent  to  a  1.25  cm  thickness  of  the  above  breast  tissue. 

The  major  reason  Lucite  was  used  is  that  its  molecular  form  factors  are  available 
for  Monte  Carlo  calculations.  Fahrig  et  al.  (1994)  measured  the  angular  distribution  of 
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scattered  photon  energy  using  a  breast  equivalent  material  (BR12)  and  a  30  kVp  Tungsten 
anode  x-ray  source.  This  scattered  radiation  distribution  peaked  at  -5°  which  is  similar  to 
the  distribution  of  scattered  radiation  measured  from  Lucite  (Kosanetzky  et  al.,  1997; 
Muntz  et  al.,  1983).  It  is  therefore  reasonable  to  take  the  S/P  ratios  obtained  with  a  Lucite 
phantom  to  be  generally  applicable  to  the  values  expected  to  occur  in  clinical 
mammography. 

3.2.4.  Calculation  of  Scatter  to  Primary  Ratios 

Scatter  to  primary  ratio,  S/P,  was  defined  as  the  ratio  of  the  total  scattered  x-ray 
photon  energy  absorbed  by  the  detector  to  the  sum  of  the  primary  x-ray  photon  energies 
absorbed,  as  given  by 


where  ESj  and  EPj  are  the  energies  absorbed  by  the  detector  from  the  /th  scattered  x-ray 
photon  and yth  primary  x-ray  photon  reaching  the  detector,  respectively. 

In  the  case  of  Detector  1 ,  all  primary  and  scattered  photons  incident  on  the  surface 
cross-sectional  detector  area  were  assumed  to  be  completely  absorbed  by  the  detector.  In 
the  case  of  Detector  2,  the  actual  energy  absorbed  by  the  detector  from  each  incident  x- 
ray  photon  was  computed.  Secondary  electrons  were  assumed  to  deposit  their  energies  at 
the  interaction  sites.  Energy  deposited  in  the  detector  from  characteristic  x-rays  emitted 
following  photoelectric  interactions  was  also  included.  Statistical  errors  in  the  resultant 
S/P  ratios  were  about  1%. 

The  effect  of  an  air  gap  on  the  reduction  of  the  scatter  to  primary  ratio  was 
quantified  by  a  scatter  reduction  factor,/  defined  as  the  S/P  ratio  with  no  air  gap  divided 


(3-12) 


J 
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by  the  S/P  ratio  with  an  air  gap.  Since  the  S/P  ratio  is  reduced  as  the  air  gap  is  increased, 
the  value  of /will  be  greater  than  1. 

3.2.5.  Validation  of  Monte  Carlo  Calculations 

Barnes  and  Brezovich  (1979)  have  reported  some  measurements  of  S/P  ratios  as  a 
function  of  circular  x-ray  field  diameter  using  a  32  kVp  x-ray  energy  spectrum.  In  this 
study,  simulations  were  performed  to  repeat  their  measurements  using  the  average  energy 
of  that  experimental  32  kVp  x-ray  spectrum,  24.5  keV.  S/P  values  were  computed  as  the 
ratio  of  scattered  to  primary  x-ray  photon  energy  absorbed  by  an  area  of  2  mm  diameter  in 
the  center  of  the  detector.  Table  3-1  gives  a  summary  of  their  measured  S/P  values  at  32 
kVp  and  the  corresponding  predictions  of  our  Monte  Carlo  computations.  The  differences 
between  the  predicted  and  measured  S/P  values  are  less  than  10%  and  5%  for  the  3  cm 
and  6  cm  Lucite  phantoms,  respectively.  The  agreement  between  measurement  and 
calculation  is  good  and  this  provides  a  useful  check  on  the  validity  of  the  calculations. 

Table  3-1.  S/P  values  vs.  circular  x-ray  field  diameter  (d)  for  two  Lucite  phantom 
thicknesses  (T).  The  experimental  results  were  taken  from  the  measurements  of  Barnes 

and  Brezovich  (1979).  

d   Experimental  Results    Present  Calculation  


(cm)  T  =  3  cm  T  =  6  cm  T  =  3  cm  T  =  6  cm 

4  0.32  0.54  0.33  0.54 

6  0.37  0.65  0.39  0.68 

10  0.39  0.80  0.42  0.84 

14  0.40  0.86  0.44  0.89 
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3.3.  Scatter  to  Primary  Ratios 

3.3.I.  Dependence  of  S/P  Ratio  on  Slot  Detector  Width 

Table  3-2  shows  the  dependence  of  the  S/P  ratio  on  the  slot  detector  width  (W)  for 
a  4  cm  thick  Lucite  phantom.  The  S/P  ratio  decreased  by  a  factor  of  -2.5  when  W  was 
reduced  from  20  mm  to  4  mm  at  all  photon  energies.  Differences  in  S/P  ratios  between  20 
keV  photons  and  30  kVp  spectra  were  less  than  6%.  Average  differences  in  S/P  ratios 
were  less  than  5%  between  25  kVp  and  30  kVp  spectra,  and  less  than  10%  between  25 
kVp  and  35  kVp  spectra. 


Table  3-2.  S/P  values  as  a  function  of  slot  detector  width  (W)  for  a  4  cm  thick  Lucite 
phantom.  


W(mm) 

20keV 

25  keV 

30keV 

25kVp 

30kVp 

35kVp 

4 

0.150 

0.132 

0.123 

0.156 

0.152 

0.143 

6 

0.192 

0.184 

0.176 

0.204 

0.189 

0.185 

8 

0.238 

0.215 

0.208 

0.242 

0.231 

0.226 

10 

0.268 

0.239 

0.234 

0.280 

0.266 

0.252 

15 

0.345 

0.302 

0.288 

0.335 

0.331 

0.311 

20 

0.371 

0.352 

0.343 

0.391 

0.372 

0.336 

3.3.2.  Dependence  of  S/P  Ratio  on  Lucite  Phantom  Thickness 

Figure  3-5  (a),  (b)  and  (c)  show  the  S/P  ratios  as  a  flmction  of  Lucite  phantom 
thickness  (T)  for  the  4  mm,  10  mm,  and  20  mm  wide  slot  detectors,  respectively.  At  20 
keV,  the  S/P  ratio  ranges  from  0.12  to  0.17  for  the  4  mm  wide  slot  detector,  between  0.18 
to  0.33  for  the  10  mm  wide  slot  detector,  and  between  0.22  to  0.52  for  the  20  mm  wide 
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slot  detector.  The  S/P  ratio  decreased  by  -10%  as  the  x-ray  energy  increased  from  20  to 
25  keV.  Average  differences  in  the  S/P  ratio  between  25  and  30  keV  were  -3%. 
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Figure  3-5.  S/P  ratios  as  a  frinction  of  Lucite  phantom  thickness  (T)  for  the  (a)  4  mm 
wide,  (b)  10  mm  wide,  and  (c)  20  mm  wide  slot  x-ray  detectors. 
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The  S/P  ratios  for  a  4  mm  wide  slot  detector  were  between  0.10  to  0.17,  which  are 
similar  to  those  encountered  in  conventional  screen-film  mammography  when  a  5:1  ratio 
grid  is  used.  Increasing  the  slot  detector  width  to  10  mm  resulted  in  an  increase  in  the  S/P 
ratio  by  a  factor  of  -1.8.  The  x-ray  tube  heat  loading  for  a  10  mm  wide  slot  detector  is 
only  40%  of  that  of  a  4  mm  wide  slot  detector.  Efficient  use  of  the  x-rays  generated  in  the 
x-ray  tube  would  reduce  the  scan  time  and  thereby  minimize  patient  motion  artifacts  as 
well  as  patient  discomfort.  In  addition,  more  efficient  use  of  the  x-ray  beam  would 
enable  filters  to  be  used  to  optimize  the  shape  of  the  x-ray  spectrum  to  better  match  the 
imaging  needs  in  clinical  situations. 

3.3.3.  Dependence  of  S/P  Ratio  on  Incident  X-ray  Photon  Energy 

Figure  3-6  shows  the  S/P  ratio  as  a  fiinction  of  x-ray  energy  for  a  10  mm  wide  slot 
detector  at  2,  4,  and  6  cm  Lucite  phantom  thicknesses.  For  a  4  cm  thick  Lucite  phantom, 
the  S/P  ratios  decreased  as  x-ray  energy  increased  with  a  reduction  of  about  33%  between 
15  and  50  keV. 

For  the  slot  detector  geometry  considered  in  this  study,  the  S/P  ratios  decreased  as 
the  photon  energy  increased.  This  differs  from  the  case  of  mammography  performed  with 
large  area  detectors  where  the  S/P  ratios  generally  shown  little  dependence  on  the  x-ray 
energy.  The  reason  for  this  behavior  is  that  in  a  slot  detector  geometry,  it  is  only  the 
forward  scattered  photons  which  contribute  to  the  S/P  ratio.  Whereas  in  area  detectors, 
photons  scattered  through  large  angles  can  also  reach  the  detector  and  therefore  contribute 
to  the  S/P  ratio.  The  relatively  constant  energy  dependence  of  the  S/P  ratio  for  area 
detectors  is  a  result  of  the  increasing  contribution  of  Compton  scattered  photons  which 
increase  with  photon  energy  (see  Figure  3-10)  and  decreasing  contribution  of  Coherent 
scattered  photons  which  are  primarily  forward  scattered  and  their  contribution  to  the  S/P 
ratio  generally  decreases  with  increasing  photon  energy.  In  a  slot  detector  geometry,  the 
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initial  dominance  of  Coherent  scattering  at  low  x-ray  energies  diminishes  at  higher  x-ray 
energies  thereby  leads  to  a  reduction  of  S/P  ratios  with  increasing  x-ray  energy. 
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Figure  3-6.  S/P  as  a  function  of  x-ray  energy  for  a  10  mm  wide  slot  detector  at  2,  4,  and  6 
cm  Lucite  phantom  thicknesses. 

3.3.4.  S/P  Ratio  Profile  in  the  Slot  Detector  Plane 

Figure  3-7  shows  the  positional  variation  of  S/P  ratio  for  a  4  cm  Lucite  phantom 
at  20  keV  in  a  10  mm  wide  slot  detector.  In  this  calculation,  the  20  cm  slot  detector  length 
was  equally  divided  into  200  sections.  S/P  ratios  were  calculated  for  each  10  mm  x  1  mm 
area  along  the  slot  detector  length. 

As  can  be  expected  fi-om  the  size  of  the  phantom  volume  from  which  scattered 
radiation  can  reach  a  given  point  in  the  slot  detector,  the  S/P  ratios  at  the  edges  of  the  slot 
detector  are  about  50%  of  that  at  the  center  of  the  slot  detector.  In  the  majority  (center  16 


w  =  10  mm 
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cm  long)  of  the  slot  detector  area,  S/P  ratios  remains  constant.  In  some  analysis  of  scatter 
effect  on  image  contrast  and  signal-to-noise  ratio,  it  was  generally  assumed  that  S/P  ratios 
are  independent  of  the  position  on  the  detector.  It  is  a  reasonable  assumption  as  long  as 
the  object  to  be  detected  is  located  on  the  center  portion  of  the  detector. 
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Figure  3-7.  S/P  ratio  as  a  function  of  position  in  the  slot  detector  plane  for  a  10  mm  wide 
slot  detector  at  20  keV.  The  Lucite  phantom  thickness  is  4  cm. 


3.4.  Practical  Considerations  of  Scatter  in  Scarming  Slot  Mammography 


3.4.1.  Scatter  rejection  by  Air  Gap  Method 

Figure  3-8  shows  the  dependence  of  the  S/P  ratio  on  the  air  gap  introduced 
between  the  Lucite  phantom  and  a  10  mm  wide  detector.  S/P  ratio  was  reduced  by  a 
factor  of  about  two  and  three  using  1.5  cm  and  3  cm  air  gaps,  respectiyely.  The  S/P  ratio 
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was  in  the  range  of  0.05  to  0.13  with  a  3  cm  air  gap.  Differences  in  the  S/P  ratio  between 
20  keV  photons  and  the  30  kVp  spectrum  were  -3%. 
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Figure  3-8.  S/P  as  a  function  of  Lucite  phantom  thickness  (T)  for  a  10  mm  wide  slot 
detector  at  Airgap  =  0,  1.5,  and  3.0  cm.  The  results  are  shown  in  solid  and  dashed  curves 
for  20  keV  and  30  kVp  x-ray  sources,  respectively. 

Table  3-3  gives  the  resultant  values  of  the  scatter  reduction  factor,/  as  a  function 
of  Lucite  phantom  thickness  for  the  two  air  gaps  at  20  keV.  The  values  of  f  were  found  to 
decrease  with  increased  Lucite  phantom  thickness.  This  resuh  is  expected  for  the  same 
reason  that  the  observed  increase  in  S/P  ratio  with  phantom  thickness  is  sublinear.  The 
increase  in  the  phantom  thickness  for  a  constant  (or  no)  air  gap  results  in  an  additional 
layer  of  material  which  will  contribute  proportionally  less  to  the  scattered  radiation  in  the 
detector.  The  reason  is  that  there  is  an  effective  air  gap  (equal  to  the  original  phantom 
thickness)  for  scattered  photons  produced  in  this  additional  layer  of  material.  Clearly  the 
relative  importance  of  the  additional  layer  will  decrease  with  increasing  air  gap  which  is 
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•  Airgap  =  0,  20  keV 
o     Airgap  =  0,  30  kVp 


Airgap  =1.5  cm,  20  keV 
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responsible  for  the  decrease  of  scatter  reduction  factor  with  increased  phantom  thickness 
as  depicted  in  Table  3-3. 


Table  3-3.  Scatter  reduction  factor,/,  vs.  Lucite  phantom  thickness  (T)  for  two  air  gaps  at 
20  keV  x-ray  energy. 

T 

Airgap  (cm) 

(cm) 

1.5 

3.0 

2 

2.01 

3.35 

3 

1.93 

2.92 

4 

1.92 

2.84 

5 

1.74 

2.65 

6 

1.72 

2.46 

Figure  3-9  shows  how  the  S/P  ratios  vary  as  a  function  of  air  gap  size  for  slot 
detector  widths  ranging  from  2.5  mm  to  20  mm  as  computed  for  a  30  kVp  x-ray  spectrum 
and  a  4  cm  thick  Lucite  phantom.  When  no  air  gap  introduced,  S/P  ratios  reduce  by  nearly 
a  factor  of  two  when  the  slot  detector  width  changes  from  5.0  mm  to  2.5  mm.  This  is  the 
reason  that  a  very  small  slot  detector  width  is  desired  for  scanning  slot  mammography  for 
the  purpose  of  improving  image  contrast.  The  fraction  of  scatter  present  in  a  slot  detector 
geometry  with  2.5  mm  slot  width  and  no  air  gap  would  be  equivalent  to  that  in  a  slot 
detector  geometry  with  10  mm  slot  width  and  a  3  cm  air  gap.  Scatter  rejection  by  the  air 
gap  method  is  also  more  efficient  at  smaller  slot  detector  width.  With  the  use  of  a  3  cm 
air  gap,  S/P  ratios  decreased  by  a  factor  of  4.25,  3.37,  2.83,  and  2.07  for  slot  detector 
widths  of  2.5,  5.0,  10,  and  20  mm,  respectively. 

Despite  of  all  the  advantage  of  scatter  rejection  at  smaller  slot  detector  width,  the 
minimum  slot  width  is  practically  limited  by  the  available  x-ray  tube  power  and  heating 
capacity.  The  optimization  of  slot  detector  width  is  therefore  to  achieve  the  maximiun 
scatter  rejection  at  reasonable  x-ray  tube  loading  requirement.  For  current  mammography 
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x-ray  tube  technology,  the  use  of  a  10  mm  wide  slot  detector  with  a  3  cm  air  gap 
geometry  would  provide  an  optimized  balance  between  scatter  rejection  and  x-ray  tube 
loading  requirement. 


0.40 


0.00  '  '  '  ' 

0.0  1.5  3.0  4.5 

Airgap  (cm) 


Figure  3-9.  S/P  as  a  function  of  Airgap  for  the  slot  detector  widths  of  2.5,  5,  10,  and  20 
mm  using  a  4  cm  thick  Lucite  phantom  and  a  30  kVp  x-ray  spectrum. 

3.4.2.  Relative  Contributions  from  Compton  and  Coherent  Scatter 

Figure  3-10  shows  the  S/P  ratio  as  a  function  of  x-ray  energy  for  a  4  cm  thick 
Lucite  phantom  and  the  effect  on  the  S/P  ratio  from  the  introduction  of  a  3  cm  air  gap. 
Also  shown  in  Figure  3-10  are  the  contributions  of  coherent  scatter  ((S/P)coh)  and 
Compton  scatter  ((S/P)comp)  to  the  total  scatter.  With  no  air  gap,  the  (S/P)coh  ratio  was 
greater  than  the  (S/P)comp  ratio  below  about  25  keV.  With  a  3  cm  air  gap,  however,  the 
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Figure  3-10.  S/P  as  a  function  of  x-ray  energy  for  the  4  cm  thick  Lucite  phantom  and  a  10 
mm  wide  slot  detector  at  (a)  Airgap  =  0;  and  (b)  Airgap  =  3.0  cm. 
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contributions  from  these  two  scatter  processes  were  equal  at  an  x-ray  energy  of -36  keV. 
The  scatter  reduction  factor,/,  averaged  about  2.8  and  showed  little  dependence  on  the  x- 
ray  energy  over  the  range  of  1 5  to  50  keV. 

At  20  keV,  there  are  about  four  times  more  photons  which  undergo  Compton 
scattering  than  coherent  scattering  in  the  Lucite  phantom.  Despite  this  fact,  the 
contribution  of  coherent  scatter  to  the  S/P  ratios  is  larger  than  that  of  Compton  scatter  at 
energies  below  25  keV  as  shown  in  Figure  3- 10(a).  This  occurs  because  most  coherently 
scattered  photons  have  a  small  angular  divergence  whereas  the  angular  distribution  of 
Compton  scattered  photons  is  approximately  isotropic.  This  also  explains  why  an  air  gap 
is  more  efficient  in  rejecting  the  Compton  scattered  photons  and  why  the  two  processes 
make  equal  contributions  at  a  higher  photon  energy  (-36  keV)  with  the  3  cm  air  gap 
shown  in  Figure  3-1 0(b). 

3.4.3.  Dependence  of  S/P  Ratio  on  X-ray  Detection  Materials 

Figure  3-11  (a)  to  (d)  shows  the  effect  of  the  x-ray  detector  material  on  the  S/P 
ratios  for  a  10  mm  wide  slot  detector  at  20,  25,  and  30  keV  x-ray  energies  and  for  a  30 
kVp  x-ray  spectrum.  The  S/P  ratio  obtained  using  Detector  2  (i.e.,  31.7  mg/cm^  thick 
Gd202S:Tb  phosphor)  was  -7%  higher  than  that  of  Detector  1 .  The  introduction  of  a  3  cm 
air  gap  reduced  the  difference  between  the  S/P  ratios  obtained  with  these  two  detectors  to 
-  4%. 

X-ray  detection  materials  currently  under  investigation  for  scanning  slot  digital 
mammography  include  Gd202S:Tb  phosphor,  CsI:Tl  crystal,  plastic  scintillating  fiber 
screens,  and  hybrid  photodiode  array.  The  data  in  Figure  3-1 1  show  that  choice  of  x-ray 
detection  material  in  a  slot  detector  had  very  little  effect  on  the  resultant  S/P  ratio.  In  the 
case  of  area  detectors,  however,  the  S/P  ratios  of  an  ideal  screen  and  a  Min-R  screen 
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Figure  3-11.  S/P  as  a  function  of  Lucite  phantom  thickness  for  an  ideal  detector  with 
1 00%  absorption  efficiency  (plotted  in  solid  lines)  and  a  Min-R  screen  (plotted  in  dashed 
lines)  using  a  10  mm  slot  width  at  (a)  20,  (b)  25,  (c)  30  keV  x-ray  energies  and  (d)  a  30 
kVp  x-ray  spectrum. 
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show  markedly  different  responses.  The  reason  why  a  slot  detector  geometry  shows  little 
dependence  on  the  detector  material  is  that  most  scattered  photons  reaching  the  slot 
detector  have  directions  and  energies  which  are  similar  to  those  of  the  primary  photons. 
This  finding  suggests  that  the  results  obtained  in  this  study  will  be  applicable  to  any  type 
of  detection  material  providing  the  geometry  is  similar  to  those  investigated  in  this  work. 

3.4.4.  The  Effect  on  Patient  Dose  by  the  Use  of  an  Air  Gap 

In  conventional  screen-film  radiography,  scattered  radiation  is  rejected  by  the  use 
of  grids.  The  radiation  exposure  to  the  screen,  however,  needs  to  be  maintained  at  a 
constant  level  to  ensure  that  the  resultant  film  density  is  satisfactory.  This  requires  an 
increase  in  the  x-ray  tube  output  to  compensate  for  any  removed  scattered  and  primary  x- 
ray  photons,  and  normally  leads  to  an  approximate  doubling  of  the  mean  glandular  dose. 
Use  of  a  scatter  reduction  grid  with  a  digital  slot  detector  increased  the  mean  glandular 
dose  by  between  30  and  40%  as  a  result  of  the  increased  attenuation  of  the  primary  x-ray 
beam.  Air  gaps  can  achieve  scatter  reduction  without  necessarily  increasing  the  radiation 
dose  and  are  an  attractive  option  for  use  in  a  slot  detector  geometry  particularly  since  the 
air  gaps  which  are  likely  to  be  employed  are  much  smaller  than  those  normally  considered 
in  conventional  screen-film  mammography. 

The  effect  on  the  patient  dose  by  the  use  of  an  air  gap  with  a  slot  detector 
geometry  will  depend  on  both  the  characteristics  of  the  detector,  and  on  the  manner  in 
which  the  air  gap  is  introduced.  If  the  detector  is  quantum  noise  limited,  there  will  be  no 
need  to  increase  the  primary  exposure  to  maintain  the  same  SNR  providing  the  source  to 
detector  distance  is  kept  constant.  However,  if  there  is  a  significant  electronic  noise 
component  from  the  detector,  then  an  increase  in  the  x-ray  tube  output  would  be  needed 
to  maintain  the  same  SNR.  For  a  3  cm  air  gap  introduced  by  moving  the  detector  away 
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from  the  patient,  the  patient  dose  would  increase  by  about  10%  because  of  the  inverse 
square  law  fall  off  in  x-ray  beam  intensity  for  a  source  to  detector  distance  of  -60  cm. 


CHAPTER  4 

SIGNAL  TRANSFER  IN  THE  SLOT  X-RAY  DETECTORS 


4.1  ■  Scanning  Slot  X-ray  Detectors 

4.1.1.  Introduction 

Scanning  slot  digital  x-ray  imaging  systems  are  being  developed  for  full-field 
mammography.  There  are  many  factors  which  affect  the  imaging  performance  of  these 
systems.  The  most  challenging  work  is  in  the  development  of  the  slot  x-ray  imaging 
detector  which  determines,  to  a  large  extent,  the  final  image  quality  achievable  with  a 
particular  system. 

Almost  all  the  slot  x-ray  detectors  have  utilized  a  slot  shaped  scintillation  screen 
optically  coupled  to  charge  coupled  devices  (CCD)  through  the  use  of  fiber  optical  image 
guide.  These  slot  x-ray  detectors  can  be  treated  as  consisting  of  serially  cascaded 
components  in  which  the  image  signals  (x-rays,  scintillation  light,  and  electrons) 
propagate.  The  final  image  signal  of  the  slot  x-ray  detector  is  determined  by  the  amount 
of  x-rays  interacted  in  the  scintillation  screen,  the  amount  of  x-ray  energy  absorbed  per  x- 
ray  interaction  within  the  scintillation  screen,  the  energy  conversion  efficiency  of  the 
scintillation  screen,  the  efficiency  with  which  the  scintillation  light  photons  are 
transmitted  by  the  scintillation  screen,  the  coupling  efficiency  of  the  fiber  optical  image 
guide,  and  the  quantum  efficiency  with  which  the  light  quanta  are  converted  to  electrons 
in  the  CCD. 

In  this  study,  signal  propagation  and  signal  distribution  as  a  function  of  spatial 
frequency/  modulation  ti:ansfer  fiinction  (MTF(/)),  in  the  scanning  slot  x-ray  detectors 
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are  investigated.  The  signal  performances  of  two  novel  scintillation  screen  materials  are 
investigated  and  compared  to  the  Gd202S:Tb  phosphor  screen,  which  has  been  used  in  the 
previous  slot  x-ray  detector  designs. 

4.1.2.  Scintillating  Fiber  Screen  Based  Slot  X-ray  Detector 

Figure  4-1  shows  a  scarming  slot  x-ray  detector  using  a  plastic  scintillating  fiber 
screen  (SFS).  Scintillation  light  produced  from  x-ray  absorption  is  channeled  to  the 
CCDs  through  the  extension  of  plastic  scintillating  fibers.  The  initial  ~2  cm  length  of  the 
plastic  scintillating  fibers  are  aligned  to  the  direction  of  incident  x-ray.  The  continuous 
use  of  plastic  scintillating  fibers  as  the  image  guide  could  provide  efficient  optical 
coupling  between  the  scintillating  fiber  screen  and  CCD. 


Figure  4-1.  A  plastic  scintillating  fiber  screen  based  slot  x-ray  detector 


79 


Two  types  of  high  Z  element  loaded  SFSs  were  compared  to  that  of  a  pure 
polystyrene  (PS)  based  plastic  SFS,  SFS:PS.  One  SFS  contains  10%  by  weight  of  tin 
element  in  its  scintillating  fiber  core  material,  SFS:Sn:10"/o.  The  other  is  loaded  with  5% 
by  weight  of  lead,  SFS:Pb:5%.  To  investigate  the  effect  of  high  Z  element  concentration 
on  signal  propagation  within  the  SFS,  two  more  SFSs  loaded  with  7.5%  by  weight  of  tin 
(SFS:Sn:7.5%)  and  5%  by  weight  of  tin  (SFS:Sn:5%)  were  considered. 

Table  4-1  summarizes  the  energy  conversion  efficiency  (e),  the  light  loss  (L)  due 
to  the  reabsorption  of  the  scintillating  dye  in  each  SFS,  the  fraction  (q)  of  the  scintillation 
light  lost  due  to  quenching. 

Table  4-1.  Energy  conversion  efficiency  (s),  light  loss  (L)  due  to  reabsorption  of  the 
scintillating  dye,  and  fraction  (q)  of  the  scintillation  light  lost  due  to  quenching  for  the 

five  plastic  scintillating  fiber  screens  investigated  in  this  study.  

SFS:PS       SFS:Pb:5%      SFS:Sn:10%     SFS:Sn:7.5%  SFS:Sn:5% 


s  (%) 

4.5 

4.5 

4.5 

4.5 

4.5 

L  (%) 

15 

15 

15 

15 

15 

CI  (%) 

0 

20 

20 

15 

10 

All  the  slot  shaped  SFSs  investigated  were  2  cm  in  thickness,  0.8  cm  wide  and  20 
cm  long.  The  diameter,  d,  of  the  plastic  scintillating  fibers  was  20  [im. 

Furthermore,  the  effect  of  the  thickness  of  7.5%  by  weight  tin  loaded  SFSs,  and 
the  effect  of  the  diameter,  d,  of  the  individual  scintillating  fibers  on  the  image  signal 
generation  and  MTF(/)  were  also  investigated  as  a  Sanction  of  x-ray  energy. 

As  described  in  Chapter  2,  the  fraction,  F,  of  scintillation  light  collected  and 
transmitted  in  one  direction  along  each  fiber  is  7.5%.  A  reflection  layer  at  the  SFS  input 
side  reflects  80%  of  the  light  transmitted  to  this  direction  back  to  the  SFS  output.  The 
light  loss  during  the  transmission  of  scintillation  light  in  the  continuous  fiber  image  guide 
is  estimated  to  be  10%. 
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The  average  energy  of  the  scintillation  light  is  2.34  ev  (530  nm),  where  the 
quantum  efficiency  (QE)  of  the  CCD  is  40%.  This  value  is  used  for  the  analysis  of  light  to 
CCD  electrons  conversion  in  the  SFS  based  slot  x-ray  detectors. 

4.1.3.  A  CsI:Tl  Screen  Based  Slot  X-rav  Detector 

Figure  4-2  shows  a  CsI:Tl  screen  based  slot  x-ray  detector.  The  150  thick 
CsI:Tl  screen  is  optically  coupled  to  the  CCD  by  a  fiber  optical  image  guide  with  1:1 
input  output  ratio. 


x-ray 


Figure  4-2.  A  CsI:Tl  screen  based  slot  x-ray  detector. 

The  CsI:Tl  screen  is  composed  of  columnar  Csl  crystals  with  air  gap  between 
them.  As  scintillation  light  reaching  the  Csl  crystal  surface,  a  large  fraction  of 
scintillation  light  with  angles  less  than  the  critical  angle  of  56.3°,  as  determined  by  the 
refractive  indexes  of  Csl  crystal  (ricsi  =  1.80)  and  air  (nair  =  1),  will  be  reflected  back  to 
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the  Csl  crystal.  This  fiber-like  structure  minimizes  the  lateral  spread  of  scintillation 
within  the  CsI:Tl  screen. 

As  mentioned  in  Chapter  2,  the  Csl  crystals  were  grown  on  a  glass  fiber  optical 
plate  supporting  base.  This  supporting  base  is  3  mm  thick  and  incorporates  extra-mural 
absorber  (EMA)  material  to  absorb  light  that  penetrates  the  fiber  core/cladding  interface. 
The  numerical  aperture  (NA)  of  the  fibers  in  the  base  is  1.0.  NA  is  determined  by  the 
refi-active  indexes  of  the  core  (ncore  =  1-82)  and  the  cladding  (ndad  =  1.495)  as 


NA  =  Jn 

V  ' 


core  ^clad 


(4-1) 


As  shown  in  Figure  4-3,  NA  also  determines  the  angle  (0)  at  which  the 
scintillation  light  enters  the  fiber  from  the  Csl  crystal. 


Extramural 
absorber 


Cladding 


Csl  crystal 


fiber  optical  supporting  base 


Figure  4-3.  A  simplified  diagram  of  scintillafion  light  collecfion  and  transmission  by  the 
glass  fiber  optical  plate  supporting  base. 


The  relationship  between  NA  and  0  is  given  by 
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NA  =  nc^-smQ  (4-2) 

6  is  calculated  to  be  33.7°.  Due  to  this  restricted  angle  of  acceptance  for 
scintillation  light  originating  in  the  Csl  crystals,  the  light  emission  from  the  CsI:Tl  screen 
(Csl  crystals  plus  supporting  base)  is  peaked  in  the  forward  direction. 

The  x-ray  energy  conversion  efficiency,  8,  of  the  CsI:Tl  crystal  is  12%.  The 
average  number  of  light  photons  (average  energy  is  2.3  eV)  exiting  the  CsI:Tl  screen  per 
keV  energy  deposition,  K,  has  been  measured  to  be  4  photons/keV  by  Okumura  et 
al.(1995).  In  the  measurement,  Am-241  radioisotope  (y-ray  energy  59.6  keV)  was  used. 
The  scintillation  pulse  height  spectrum  was  measured  by  reading  the  CsI:Tl  screen  light 
out  using  a  photomultiplier  tube.  The  scintillation  pulse  height  spectrum  was  also 
measured  for  a  standard  NaI:Tl  crystal  with  known  number  of  light  photons  emitted  per 
unit  of  x-ray  energy  deposition.  By  comparing  the  photopeaks  in  the  two  spectra,  the 
number  of  light  photons  exiting  the  CsI:Tl  screen  per  59.6  keV  energy  deposition  can  be 
calculated. 

The  image  guide  is  made  of  6  |j.m  glass  optical  fiber  with  (NA)  equal  to  1 .0.  In  the 
interfaces  between  CsI:Tl  screen  and  image  guide  and  between  image  guide  and  CCD, 
optical  coupling  gel  with  refractive  index  value  of  1.48  was  applied  to  provide  stable 
connection,  optical  aligrmient,  and  matching  of  refractive  indexes  between  two  optical 
components.  The  coupling  efficiency  of  this  image  guide  is  determined  by  the  angular 
distribution  of  the  scintillation  light  emitted  from  the  CsI:Tl  screen,  the  packing  fraction 
(i.e.,  fraction  fiber  core  area  in  the  total  image  guide  cross  sectional  area)  of  the  image 
guide,  NA  of  image  guide,  refracfive  indexes  of  the  coupling  gel,  and  the  transmission 
efficiency  of  the  optical  fiber.  Because  scintillation  light  emitted  from  the  CsLTl  screen  is 
peaked  in  the  forward  direction  and  is  within  the  accepted  angle  of  the  image  guide,  the 
coupling  efficiency  is  given  by  the  product  of  the  image  guide  packing  fraction  (80%)  and 
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transmission  efficiency  (85%)  of  the  optical  fiber.  A  coupling  efficiency  value  of  68% 
was  used  for  the  image  guide  in  CsI:Tl  screen  based  slot  x-ray  detector. 

The  scintillation  spectrum  of  the  CsI:Tl  screen  is  very  close  to  that  ft-om  the 
plastic  scintillating  fiber  screen.  A  CCD  quantum  efficiency  of  40%  is  also  applied  to 
analysis  the  signal  propagation  in  the  CsI:Tl  screen  based  slot  x-ray  detector. 

4.2.  Methods 

4.2.1.  Quantum  Accounting  Diagram 

In  x-ray  imaging,  an  imaging  system  is  often  described  as  a  series  of  cascaded 
stages  according  to  the  physical  processes  involved  in  the  signal  (quanta)  transfer 
(Cunningham  et  al.,  1994;  Maidment  and  Yaffe,  1995;  Maidment  and  Yaffe,  1996).  In 
this  model,  the  quanta  leaving  a  previous  stage  constitutes  an  effective  input  to  the 
subsequent  stage.  Primary  input  quanta  (i.e.,  x-rays)  are  converted  to  secondary  quanta 
through  one  or  more  stages  before  contributing  to  the  final  image.  Each  stage  has  a  gain 
or  efficiency  associated  with  it.  The  average  number  of  quanta  in  each  stage,  given  by  the 
product  of  the  average  gains  and  efficiencies  of  all  proceeding  stages,  can  be  represented 
in  a  diagram  where  the  average  number  of  quanta  at  each  stage  is  plotted  as  a  ftinction  of 
the  stage  number.  This  diagram  is  called  a  quantum  accounting  diagram  (QAD)  and  is  a 
powerftil  analytic  tool  which  can  identify  the  "quantum  sink"  in  a  imaging  system  and 
allow  for  the  optimization  of  an  imaging  system.. 

In  the  slot  x-ray  detectors  discussed  in  section  4.1.2  and  4.1.3,  a  total  of  four 
cascaded  stages  can  be  used  to  represent  the  quanta  propagation: 

Stage  1 :  X-ray  interaction  within  the  screen.  For  each  x-ray  incident  on  the  slot  x- 
ray  detector,  x-ray  interaction  efficiency,  ri,  gives  the  average  probability  in  percentage 
that  this  x-ray  will  interact  within  the  scintillation  screen. 
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Stage  2:  X-ray  to  light  conversion  and  light  transmission  within  the  screen.  For 
each  interacted  x-ray,  the  average  number  of  light  photons  emitted  from  the  scintillation 
screen,  Nexit,  is  given  by 


(4-3) 


where  Ed  is  the  average  x-ray  energy  deposited  per  incident  x-ray  interaction,.  El,  is  the 
average  energy  of  scintillation  light  photons,  s  is  the  x-ray  to  light  conversion  efficiency 
of  the  scintillation  screen.  ^  is  the  scintillation  light  transmission  efficiency  of  the 
scintillation  screen. 

Stage  3:  The  transmission  of  light  to  the  CCD.  The  average  number  of  light 
photons  reaching  the  CCD,  Nccd,  is  given  by 

NccD-N^.,-^  (4-4) 

where  k  is  coupling  efficiency  of  the  fiber  optical  image  guide. 

Stage  4:  The  conversion  of  light  to  electrons  in  the  CCD  pixel.  The  average 
number  of  electrons  generated  in  the  CCD,  Ne,  is  given  by 

Ne  =  Ncco-Q  (4-5) 

where  Q  is  the  average  quantum  efficiency  of  the  CCD  to  the  light  emitted  fi-om  the 
scintillation  screen. 

The  QAD  analysis  of  an  imaging  system  is  informative  and  permits  the 
optimization  of  the  imaging  system,  for  example,  by  optimizing  the  efficiency  or  gain  of  a 
particular  stage.  QAD  also  allows  the  estimation  of  the  fundamental  noise  limitations  of 
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particular  system  designs.  For  example,  the  stage  with  the  fewest  quanta  is  usually  called 
the  "quantum  sink".  QAD  analysis  of  an  imaging  system,  however,  does  not  provide  any 
information  on  the  location  of  quanta  that  are  generated  in  each  stage.  Some  stages 
usually  involve  a  scattering  and  spreading  process  that  results  in  a  finite  spatial 
distribution  of  secondary  quanta,  such  as  the  light  dispersion  in  the  scintillation  screen. 
QAD  analysis  integrates  the  number  of  quanta  over  all  space  at  each  stage,  and,  is  called 
the  zero  spatial  frequency  analysis  of  quanta  propagation  in  an  x-ray  imaging  system. 

4.2.2.  Modulation  Transfer  Function 

In  the  spatial  domain  (as  opposed  to  the  spatial  frequency  domain),  the  spatial 
spread  of  the  secondary  quanta  in  each  stage  can  be  described  by  its  point  spread  fimction 
(PSF(x,y),  where  x  and  y  are  the  orthogonal  spatial  coordinates)  or  line  spread  function 
(LSF(x)  or  LSF(y)).  PSF(x,y)  is  the  secondary  quanta  image  obtained  from  an 
infinitesimal  point  input  of  the  primary  quanta.  LSF(x)  is  obtained  with  an  infinitesimal 
slit  input  of  the  primary  quanta.  LSF(x)  is  therefore  a  one  dimensional  representation  of 
the  two  dimensional  PSF(x,y).  LSF(x)  is  related  to  PSF(x,y)  as: 


In  the  past,  modulation  transfer  function  has  been  used  successfully  to 
characterize  the  resolution  properties  of  x-ray  imaging  systems  (Dainty  and  Shaw, 
1974;Giger  and  Doi,  1984,  Metz  and  Doi,  1979).  Modulation  transfer  fimction,  MTF(/), 
where  /is  the  spatial  frequency,  can  be  obtained  from  the  Fourier  fransform  of  LSF(x)  as 
given  by: 


+00 


(4-6) 


-00 
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MTF(f)=  jLSFix)e 


(4-7) 


-00 


For  a  linear,  shift  invariant  imaging  system,  the  total  system  MTF(/)  is  given  by 
the  product  of  the  MTFi(/)  of  each  individual  stage  in  the  image  formation  as 


where  MTFi(/),  MTFiif),  MTF^iJ)  are  the  MTF(/)  of  the  first,  second,  and  third  stages  in 
the  imaging  system.  In  this  study,  equation  4-8  is  applied  to  analysis  the  MTF(/)of  the  slot 
x-ray  detector.  The  slot  x-ray  detector  MTF,  MTFoetectorC/),  is  given  by 


where  MTFscreen(/),  MTFg(/),  and  MTFccd(/)  are  the  MTF(/)  of  the  scintillation  screen, 
fiber  optical  image  guide,  and  the  CCD,  respectively. 

4.2.3.  Monte  Carlo  Calculation 

The  EGS4  Monte  Carlo  code  was  used  to  calculate  the  x-ray  absorption  in  the 
scintillation  screens.  In  all  simulations,  x-rays  from  a  point  source  were  normally  incident 
on  the  scintillation  screen.  Three  x-ray  interaction  processes  with  the  scintillation  screen 
were  included:  Compton  scattering,  coherent  scattering,  and  photoelectric  effect. 
Scattered  x-rays  can  either  interact  again  in  a  remote  location  within  the  scintillation 
screen,  or  escape  without  being  absorbed.  The  emission  of  characteristic  x-rays  following 
photoelectric  interactions  were  included.  The  Compton  recoil  electrons,  photoelectrons 
and  Auger  electrons  have  very  low  energies  and  were  assumed  to  deposit  their  energies  in 
the  x-ray  interaction  sites. 


MTF  =  MTF,  (/)  •  MTF,  (/)  •  MTF,  (/)••• 


(4-8) 


MTFr 


Detector 


if)  =  MTF,,,,,,,  if)-  MTF^  if) .  MTF,,^  (/) 


(4-9) 
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X-ray  interaction  efficiency,  r|,  was  computed  as  the  fraction  of  incident  x-rays 
which  interacted  within  the  SFS  as  given  by 

ri=^^=^100%  (4-10) 

^History 

where  Nimeract  is  the  total  number  of  incident  interacted  within  the  scintillation  screen, 
NHistory  is  the  history  (i.e.,  total  number  of  incident  x-rays)  from  each  simulation. 

For  the  plastic  scintillating  fiber  screen  (SFS),  the  average  number,  Nexit,  of  visible 
photons  exiting  the  SFS  per  interacted  x-ray  was  calculated  using  the  equation 

=E,z{\-L){\-q)F- 1.8/2.34  (4-11) 

where  Ed  (in  eV)  is  the  average  energy  deposition  per  incident  x-ray  photon,  F  is 
scintillation  light  collection  efficiency.  Ed  is  obtained  from  the  Monte  Carlo  simulation. 
As  described  in  Chapter  2,  a  F  value  of  7.5%  is  used  in  this  analysis.  A  numerical 
constant,  1 .8,  accounts  for  the  80%  light  reflection  from  the  reflective  layer  painted  in  the 
input  surface  of  a  SFS.  The  average  energy  of  the  scintillation  light  is  2.34  eV. 
For  the  CsI:Tl  screen,  Nexit  is  calculated  as 

N....=E,-K  (4-12) 

In  a  scintillation  screen,  two  stages  in  the  image  formation  determine  its  spatial 
resolution.  First,  x-ray  interactions  within  the  scintillation  screen  include  Compton 
scattering,  coherent  scattering,  and  photoelectric  effect.  An  incident  x-ray  undergoes 
single  or  multiple  interactions  before  being  totally  absorbed  or  scattered  out  of  the 
scintillation  screen.  Following  the  photoelectric  absorption,  there  are  also  characteristic  x- 
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rays  which  could  be  emitted  isotropically  and  reabsorbed  again  within  the  screen  (Arnold 
and  Bjamgard,  1979).  These  lead  to  a  spread  of  incident  x-ray  energy  deposition  from  the 
primary  interaction  site.  Second,  the  emitted  light  is  propagated  to  the  screen  output 
which  causes  a  lateral  dispersion  of  scintillation  light  with  the  scintillation  screen. 
The  total  MTF(/)  of  a  scintillation  screen,  MTFscreen(/),  is  therefore  given  by 


where,  MTFe(/)  is  the  spatial  resolution  of  the  incident  x-ray  energy  spread.  MTFo(/)  is 
the  spatial  resolution  of  the  scintillation  light  spread. 

To  compute  MTFe(/),  the  point  spread  functions,  PSFe,  of  the  spread  of  x-ray 
energy  deposition  were  generated.  The  SFS  was  divided  into  a  two  dimensional  array 
composed  of  squares  of  5  |am^  size.  Total  energy  deposition,  Ejj,  inside  a  square  centered 
at  (xi,yj)  from  the  normally  incident  pencil  beam  of  x-rays  was  calculated.  By  definition, 
we  have  PSFe  =  Ejj.  The  line  spread  fimction,  LSFe,  of  this  deposited  energy  spread  was 
calculated  by  integrating  the  point  spread  function  in  one  dimension.  LSFe  is  therefore 
given  by 


MTFe  was  obtained  from  the  modulus  of  the  Fourier  transform  of  the  LSFe. 
4.2.4.  Scintillation  Screen  Optical  MTF 

For  a  SFS  made  of  uniformly  packed  scintillating  fibers  of  same  diameter,  d.  The 
scintillation  light  is  channel  down  each  individual  fiber  by  the  total  reflection  principle. 
MTFo(/)  of  an  SFS  is  therefore  given  by 


(4-13) 


ij 


(4-14) 


89 


/  X    sin(7i  •  /  d) 
MT¥^(f)=  ^  (4-15) 

Okumura  et  al.  (1995)  has  measured  the  contrast  transfer  function,  CTF(/),  of  the 
150  |a,m  thick  CsI:Tl  screen  by  taking  the  x-ray  images  of  the  square  wave  resolution 
charts.  In  their  experiment,  the  resolution  charts  were  placed  in  direct  contact  with  the 
CsI:Tl  screen  input  side.  A  tungsten  (W)  anode  x-ray  tube  was  used  and  images  were 
taken  at  x-ray  tube  potential  of  40  KV  with  no  additional  filtration.  Figure  4-4  shows  the 
measured  CTF(/)  from  this  measurement. 
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Figure  4-4.  Measured  contrast  transfer  function,  CTF(/),  for  the  150  \im  thick  CsI:Tl 
screen.  Based  on  results  from  Okumura  et  al.,  1996. 

Although  MTF(/)  and  CTF(/)  are  similar  in  many  respects,  the  difference  is  that 
CTF(/)  describes  a  system's  ability  to  image  line  pairs  (as  seen  on  the  square  wave 
resolution  objects),  whereas  MTF(/)  describes  its  ability  to  image  sine-wave  shapes,  or 
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spatial  frequencies.  A  major  advantage  of  MTF(/)  that  is  not  possessed  by  CTF(/)  is  the 
MTF(/)'s  ability  to  be  cascaded. 

In  this  study,  the  Coltman  relational  equation  is  used  to  convert  the  measured 
CsI:Tl  screen  CTF(/)  to  a  MTF(/),  as  given  by 


MTFif)  =  ^ 


CTFif)  +  ^CTFi3f  )  -^-CTFiSf)  +  ^CTF{7f)  -^CTF(9f)  +  ■ 


(4-16) 


The  optical  MTF  for  the  150  \im  thick  CsI:Tl  screen  was  then  determined  using 
equation  4-13.  The  energy  deposition  MTF,  MTFe(/),  was  computed  from  Monte  Carlo 
simulation  using  a  40  KV  x-ray  spectrum  as  shown  in  Figure  4-5.  The  spectrum  was 
obtained  from  the  measurement  data  for  a  Tungsten  anode  with  no  added  filtration. 


Figure  4-5.  A  40  KV  x-ray  spectrum  used  in  the  measurement  of  CsI:Tl  screen  CTF(/). 
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4.3.  Signal  Propagation  in  the  Slot  X-ray  Detectors 


4.3.1.  X-ray  Interaction  Efficiency 

The  x-ray  interaction  efficiency  is  shown  in  Figure  4-6  as  a  function  of  incident  x- 
ray  energy  for  three  types  of  SFSs  of  2  cm  thickness  and  a  Kodak  Min-R  screen.  The  data 
for  the  Min-R  screen  were  obtained  fi-om  the  Technical  data  (1989)  provided  by  the 
manufacturer.  Loading  high  Z  elements  into  a  plastic  SFS  significantly  improved  its  x-ray 
interaction  efficiency.  X-ray  interaction  efficiency  of  SFS:Sn:10%  or  SFS:Pb:5%  was 
significantly  higher  than  the  x-ray  interaction  efficiency  of  the  Kodak  Min-R  screen. 
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Figure  4-6.  X-ray  interaction  efficiency  for  three  20  mm  thick  SFSs  and  for  a  Kodak  Min- 
R  phosphor  screen. 
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Figure  4-7  (a)  shows  the  dependence  of  x-ray  interaction  efficiency  on  the 
concentration  of  tin  element  in  the  SFS.  Figure  4-7  (b)  shows  the  dependence  of  x-ray 
interaction  efficiency  on  the  thickness  of  the  SFS:Sn:7.5%.  As  expected,  x-ray  interaction 
efficiency  improves  with  increased  tin  concentration  in  the  SFS.  However,  this  increase 
in  x-ray  interaction  efficiency  is  relatively  small  at  mammographic  x-ray  energies.  For 
example,  at  20  keV,  there  is  about  5%  and  2%  increase  in  x-ray  interaction  efficiency 
when  the  concentration  of  tin  increases  from  5%  to  7.5%  and  from  7.5%  to  10%, 
respectively.  The  x-ray  interaction  efficiency  increases  with  increasing  SFS:Sn:7.5% 
thickness.  It  is  seen  that  the  use  of  a  2  cm  thick  SFS:Sn:7.5%  provides  sufficient  x-ray 
interactions  with  the  SFS:Sn:7.5%.  The  x-ray  interaction  efficiency  is  greater  than  80%  at 
x-ray  energies  below  tin  K-edge  (29.2  keV)  for  the  2  cm  thick  SFS:Sn:7.5%.  Further 
increase  in  SFS  thickness  resulted  in  modest  improvement  in  x-ray  interaction  efficiency. 


x-ray  Energy  (keV)  X-ray  Energy  (keV) 

(a)  (b) 

Figure  4-7.  X-ray  interaction  efficiency  for  (a)  tin  loaded  SFSs  of  20  mm  thickness;  and 
(b)  7.5%  by  weight  tin  loaded  SFSs  of  10,  15,  20,  and  25  mm  thicknesses. 
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Figure  4-8  shows  the  x-ray  interaction  efficiency  as  a  function  of  x-ray  energy  for 
the  150  i^m  thick  CsI:Tl  screen  from  Monte  Carlo  simulation  (shown  in  dots).  Figure  4-8 
also  shows  (in  line)  the  calculated  x-ray  interaction  efficiency  as  given  by  the  probability 
in  percentile  of  an  incident  x-ray  that  interacts  over  the  thickness,  t,  of  the  CsI:Tl  screen 


Ti  = 


\-e 


--.p., 


■100% 


(4-17) 


The  total  mass  attenuation  coefficient  (|a./p)  data  were  obtained  using  the  XCOM 
program  developed  by  Berger  and  Hubbell  (1987). 


Figure  4-8.  X-ray  interaction  efficiency  of  the  150  |^m  thick  CsI:Tl  screen.  Results  from 
Monte  Carlo  simulation  were  shovra  in  dots.  Results  from  calculation  were  shown  in  line. 
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For  the  CsI:Tl  screen,  the  x-ray  interaction  efficiency  was  -84%  at  20  keV,  and 
averaged  ~  20%  greater  than  that  of  Min-R  screen  over  the  energy  range  of  15  to  30  keV. 
The  good  agreement  between  the  results  from  Monte  Carlo  simulation  and  calculation 
using  equation  4-17  demonstrates  the  accuracy  of  these  Monte  Carlo  simulations. 

4.3 .2.  X-ray  to  Light  Conversion  in  the  Scintillating  Fiber  Screens 

Figure  4-9  shows  Nexit,  the  number  of  light  photons  output  from  the  three  types  of 
SFS  per  interacted  x-ray  photon,  as  a  ftinction  of  x-ray  energy.  Nexit  is  generally  in  the 
range  between  30  and  50  for  x-ray  energies  normally  encountered  in  mammography.  At 
x-ray  energies  below  about  23  keV,  the  SFS:PS  output  more  light  photons  than  both  high 
Z  element  loaded  SFSs.  This  is  primary  due  to  that  x-ray  interactions  at  these  energies  are 
dominated  by  the  photoelectric  effect  which  gives  approximately  equal  amount  of  x-ray 
energy  deposition  per  interacted  x-ray  in  all  three  SFSs.  The  scintillation  light  loss  due  to 
the  addition  of  high  Z  element  is  more  significant  at  low  x-ray  energies.  At  higher  x-ray 
energies,  the  energy  deposition  in  the  high  Z  element  loaded  SFSs  is  higher  than  SFS:PS 
in  which  Compton  scattering  becomes  important.  It  is  also  seen  that,  below  tin  K-edge 
(29.2  keV),  there  is  little  difference  in  Nexit  for  SFS:Pb:5%  and  SFS:Sn:10%  because  of 
their  similar  properties  in  x-ray  absorption  and  scintillation  light  transmission.  Due  to  the 
escape  of  some  tin  K-characteristic  x-rays  which  do  not  contribute  to  energy  deposition  in 
the  SFS:Sn:10%,  Nexit  for  SFS:Sn:10%  is  smaller  than  that  for  SFS:Pb:5%  at  energies 
above  tin  K-edge.  As  a  result  of  the  photoelectric  effect  domination,  Figure  4-9  also 
shows  that  Nexit  is  proportional  to  the  incident  x-ray  energy  for  both  high  Z  element 
loaded  SFSs  despite  of  the  discontinuity  at  the  tin  K-edge. 
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Figure  4-9.  Nexit  as  a  function  of  x-ray  energy  for  three  types  of  SFSs  at  20  mm  thickness. 


Figure  4-10  shows  the  dependence  of  Ngxit  as  a  function  of  x-ray  energy  on  the  tin 
concentration  in  the  SFS  (Figure  4-10  (a))  and  on  the  thickness  of  7.5%  by  weight  tin 
loaded  SFS  (Figure  4-10  (b)).  Nexit  decreases  slightly  with  increasing  tin  concentration  at 
x-ray  energies  used  in  mammography.  Again,  this  is  the  result  of  light  loss  due  to  high  Z 
element  quenching.  This  effect  manifests  at  lower  x-ray  energies  where  all  SFSs  have 
similar  x-ray  absorption  properties.  At  higher  x-ray  energies,  Nexit  is  almost  independent 
of  the  concentration  of  tin  in  the  SFS.  Nexit  is  independent  of  the  SFS:Sn:7.5%  thickness 
below  the  tin  K-edge,  where  x-ray  interactions  within  the  SFS  are  dominated  by 
photoelectric  effect.  This  is  the  result  by  the  use  of  the  same  material  in  all  four  SFSs.  At 
x-ray  energies  above  the  tin  K-edge,  a  large  fraction  of  characteristic  x-rays  are  emitted 
following  photoelectric  absorption  of  primary  x-rays.  The  probability  of  these  energetic 
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(-25  to  28  keV)  characteristic  x-rays  escaping  the  SFS  without  being  absorbed  is  the 
highest  for  the  smallest  SFS  volume.  Therefore,  Nexit  diverges,  and  exhibits  a  higher  value 
for  the  thicker  SFS. 


(b) 


Figure  4-10.  Nexit  as  a  function  of  x-ray  energy  for  (a)  tin  loaded  SFSs  at  20  mm 
thickness;  and  (b)  7.5%  by  weight  tin  loaded  SFSs  at  10,  15,  20,  and  25  mm  thickness. 
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Figure  4-1 1  shows  Nexit  as  a  function  of  x-ray  energy  for  the  150  \im  thick  CsI:Tl 
screen.  The  number  of  Hght  photons  exiting  the  CsI:Tl  screen  are  in  the  range  of  about  80 
to  120  for  x-ray  energies  from  20  to  30  keV.  This  is  to  be  compared  to  that  of  about  30  to 
50  light  photons  output  from  the  plastic  scintillating  fiber  screens.  The  fact  that  Nexit  for 
CsI:Tl  screen  is  also  proportional  to  the  incident  x-ray  energy  indicates  the  photoelectric 
effect  domination  within  the  CsI:Tl  screen.  At  x-ray  energies  above  the  Iodine  K-edge 
(33.2  keV),  Nexit  drops  initially  due  to  the  escape  of  a  large  fraction  of  Iodine 
characteristic  x-rays,  but  increases  with  increasing  x-ray  energy  again  as  the  relative 
importance  of  emission  of  Iodine/Cesium  characteristic  x-rays  diminishes. 


Figure  4-11.  Nexit  as  a  ftmction  of  x-ray  energy  for  the  1 50  |am  thick  CsI:Tl  screen. 
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4.3.3.  Quantum  Accounting  Diagram  of  the  Slot  X-ray  Detectors 

Figure  4- 12(a)  to  (c)  Shows  the  quantum  accounting  diagrams  (QAD)  for  the  three 
types  of  SFSs  based  slot  x-ray  detectors  at  20,  35,  and  50  keV  incident  x-ray  energies.  All 
the  SFSs  are  20  mm  in  thickness.  At  20  keV,  the  number  of  electrons  generated  per 
incident  x-ray  is  ~  6  for  SFS:PS,  and  ~  12  for  SFS:Pb:5%  and  SFS:Sn:10%.  As  shown  in 
Figure  4-12(a),  for  SFS:PS,  the  reduction  in  the  probability  of  the  incident  x-ray  being 
absorbed  (stage  1)  leads  to  the  reduced  number  of  electrons  generated  at  the  CCD  pixels 
at  higher  x-ray  energies.  For  SFS:Pb:5%,  as  shown  in  Figure  4-1 2(b),  the  number  of  CCD 
electrons  generated  per  incident  x-ray  increases  from  20  to  35  keV  due  to  the  increased  x- 
ray  energy  deposition  in  the  SFS  with  increasing  incident  x-ray  energy.  Between  35  and 
50  keV,  however,  there  is  little  difference  in  the  electron  generation.  As  shown  on  the 
QAD,  the  less  x-ray  interaction  efficiency  (at  stage  1)  at  50  keV  is  compensated  by  the 
larger  Nexit  (at  stage  2).  For  SFS:Sn:10%,  at  the  three  x-ray  energies  considered,  the 
number  of  CCD  electrons  generated  increases  with  increasing  x-ray  energy.  Since  there  is 
negligible  difference  at  stage  1  for  the  three  x-ray  energy,  the  difference  in  the  amount  of 
x-ray  energy  deposited  in  the  SFS  at  the  three  x-ray  energies  determines  the  difference  in 
electron  generation.  Table  4-2  summarizes  the  number  of  quanta  in  each  stage  for  the  slot 
x-ray  detectors  using  the  three  types  of  SFSs  of  20  mm  thickness  at  20  keV  x-ray  energy. 


Table  4-2.  Number  of  quanta  in  each  stage  of  the  slot  x-ray  detectors 
of  SFSs  of  20  mm  thickness  at  20  keV  x-ray  energy. 

using  the  three  types 

Stage 

SFS:PS 

SFS:Pb:5% 

SFS:Sn:10% 

0 

1 

1 

1 

1 

0.41 

1.00 

0.98 

2 

16.27 

34.14 

34.29 

3 

14.64 

30.72 

30.86 

4 

5.86 

12.29 

12.34 
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Figure  4-12.  QADs  for  three  type  SFSs  based  slot  x-ray  detectors  at  20,  35,  and  50  keV 
incident  x-ray  energies.  All  the  SFSs  are  20  mm  in  thickness. 
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Figure  4-13  shows  the  QAD  for  the  slot  x-ray  detector  using  (a)  tin  loaded  SFSs 
of  20  mm  thickness  and  (b)  7.5%  by  weight  tin  loaded  SFSs  of  10,  15,  20,  and  25  mm 
thicknesses  at  20  keV  x-ray  energy.  There  is  a  negligible  difference  in  the  number  of 
electrons  generated  per  incident  x-ray  for  20  mm  thickness  SFSs  of  varying  tin 
concentration.  The  thickness  of  the  7.5%  by  weight  tin  loaded  SFS  also  has  a  very  small 
effect  on  the  number  of  electrons  produced  in  the  CCD  per  incident  x-ray. 
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Figure  4-13.  QADs  for  (a)  5%,  7.5%,  and  10%  by  weight  tin  loaded  SFSs;  and  (b)  7.5% 
by  weight  tin  loaded  SFSs  of  10,  15,  20,  and  25  mm  thicknesses  at  20  keV  x-ray  energy. 


Figure  4-14  shows  the  QADs  for  the  CsI:Tl  screen  based  slot  x-ray  detector  at  x- 
ray  energies  from  20  to  50  keV.  The  number  of  electrons  generated  in  the  CCD  per  20 
keV  incident  x-ray  is  -18,  a  factor  of  1.5  increase  compared  to  the  slot  x-ray  detector 
using  a  high  Z  element  loaded  plastic  scintillating  screen.  Although  the  x-ray  interactions 
within  the  CsI:Tl  screen  are  primarily  photoelectric  effect  below  Iodine  K  edge,  the 
rapidly  reduced  x-ray  interaction  efficiency  with  increasing  x-ray  energy  resulted  in  lower 
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number  of  electrons  generated  per  incident  x-ray  at  higher  x-ray  energies.  At  x-ray 
energies  above  Iodine  K  edge,  the  number  of  electrons  generated  is  affected  by  the 
emission  and  absorption  of  Iodine  or  Iodine/Cesium  characteristic  x-rays  within  the 
CsI:Tl  screen.  Table  4-3  summarizes  the  number  of  quanta  in  each  stage  for  the  CsI:Tl 
screen  based  slot  x-ray  detector. 
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Figure  4-14.  QADs  for  the  CsI:Tl  screen  at  20,  25,  30,  35,  40,  and  50  keV. 


Table  4-3.  Number  of  Quanta  in  each  stage  of  the  CsI:Tl  screen  based  slot  x-ray  detector. 


X-ray  Energy 

Stage 

20 

25 

30 

35 

40 

50 

0 

1 

1 

1 

1 

1 

1 

1 

0.82 

0.60 

0.43 

0.70 

0.78 

0.57 

2 

65.53 

60.25 

51.09 

80.29 

102.25 

94.12 

3 

44.24 

40.67 

34.49 

54.20 

69.02 

63.53 

4 

17.69 

16.27 

13.79 

21.68 

27.61 

25.41 
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4.3.4.  Measurement  of  Signal  Intensity  in  the  Slot  X-ray  Detectors 

Signal  intensity  was  measured  for  a  Csl:Tl  screen  based  scanning  slot  x-ray 
detector,  and  was  compared  to  the  same  slot  x-ray  detector  using  a  31.7  mg/cm 
Gd202S:Tb  phosphor  (Kodak  Min-R  screen  phosphor). 

For  Csl:Tl  screen,  the  fraction  of  the  incident  x-ray  energy  which  converted  to 
light  energy  depends  on  the  x-ray  interaction  efficiency  and  the  x-ray  energy  conversion 
efficiency  (12%).  Measured  signal  intensity  as  recorded  by  the  CCD  will  also  need  to  take 
into  account  light  transmission  efficiency  of  the  scintillation  screen,  the  coupling 
efficiency  of  the  image  guide  and  the  quantum  efficiency  of  the  CCD.  The  CCDs  used 
have  similar  efficiency  in  converting  the  scintillation  light  from  both  the  CsI:Tl  screen 
and  Gd202S:Tb  phosphor.  The  conversion  efficiency  of  Gd202S:Tb  is  15%.  Assuming  a 
similar  light  absorption  for  the  two  screen  materials,  the  slot  x-ray  detector  using  the 
CsI:Tl  screen  would  result  in  a  signal  intensity  (CCD  pixel  value)  approximately  equal  to 
that  of  the  same  slot  x-ray  detector  using  the  Min-R  screen  phosphor. 

Measured  signal  intensities  were  obtained  for  slot  x-ray  detectors  exposed  to  a 
uniform  x-ray  source  generated  at  tube  potentials  ranging  from  24  to  34  kV  using  the  GE 
Senograph  500  T  mammography  x-ray  unit.  Measured  signal  intensities  (Scsi)  were 
obtained  from  the  slot  x-ray  detectors  using  the  Csl:Tl  screen.  Using  the  same  exposure 
technique,  signal  intensities  (Smiii-r)  were  also  measured  for  the  slot  x-ray  detectors  by 
replacing  the  CsI:Tl  screen  with  a  Min-R  screen  phosphor.  The  ratio  of  these  two 
intensities  (i.e.  Scsi/SMin-R)  were  then  determined.  A  constant  phantom  scanning  speed  of 
1  cm/second  was  used  for  all  signal  intensity  measurements. 

Figure  4-15  shows  the  measured  Scsi/SMin-R  ratios  as  a  function  of  x-ray  tube 
potential.  This  ratio  is  -0.9  and  is  independent  of  x-ray  tube  potential.  This  value  is  close 
to  the  theoretical  value  of  1 .0  and  indicates  that  the  two  phosphors  appear  to  have  similar 
light  transmission  and  absorption  properties  in  the  detector  arrangement  depicted  in 
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Figure  4-2.  These  results  show  that  the  use  of  a  CsI:Tl  screen  in  a  slot  x-ray  detector 
produces  comparable  signals  to  the  GdiOiSiTb  phosphor  based  slot  x-ray  detector. 
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Figure  4-15.  Measured  Scsi/Smiii-r  ratios  as  a  function  of  x-ray  tube  potential  using  a  Mo 
anode  x-ray  tube. 


4.4.  Modulation  Transfer  Function  of  the  Slot  X-ray  Detectors 


4.4. 1.  Energy  Deposition  Line  Spread  Function 

Figure  4-16  (a),  (b),  and  (c)  show  the  calculated  LSFe  curves  for  the  three  type  of 
plastic  scintillating  fiber  screens  of  20  mm  thickness  at  20,  35,  and  50  keV  incident  x-ray 
energies.  The  major  difference  in  the  LSFe  curves  of  the  three  type  SFSs  is  shown  in  the 
tails  of  these  curves. 
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Figure  4-16.  Energy  deposition  LSF,  LSFe,  of  the  three  types  of  SFSs  of  20  mm  thickness 
at  20,  35,  and  50  keV  incident  x-ray  energies. 
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LSFe  of  the  SFS:PS  shows  little  dependence  on  the  incident  x-ray  energy,  and  has 
the  smallest  spread  among  the  three  SFSs.  The  reason  is  that  scattered  x-rays  carry  most 
of  the  incident  x-ray  energy  and  has  the  highest  probability  to  escape  in  the  SFS:PS.  For 
SFS:Pb:5%,  the  tail  in  its  LSFe  curve  becomes  smaller  as  the  x-ray  energy  increases.  This 
is  mainly  due  to  the  increased  energy  transfer  to  the  photoelectrons  which  deposit  their 
energies  at  the  primary  interaction  site.  LSFe  of  SFS:Sn  at  20  keV  is  better  than  the  LSFe 
of  SFS:Pb:5%  at  all  incident  x-ray  energies.  However,  the  reabsorption  of  tin  K  x-rays 
causes  large  degradation  in  the  resultant  LSFe  at  35  keV  x-ray  energy.  Similar  to  the 
SFS:Pb:5%,  the  tail  in  the  LSFe  of  the  SFS:Sn  at  50  keV  is  smaller  than  at  35  keV. 

Figure  4-17  shows  the  LSFe  curves  for  (a)  5%,  %,  7.5%,  and  10%  by  weight  tin 
loaded  SFSs  of  20  mm  thickness  and  (b)  7.5%  by  weight  tin  loaded  SFSs  of  10,  15,  20, 
and  25  mm  thicknesses  at  20  keV  x-ray  energy.  In  both  cases,  LSFe  curves  show  a 
negligible  change  by  varying  the  tin  concentration  or  the  thickness  of  the  SFSs. 
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Figure  4-17.  LSFe  curves  plotted  for  (a)  5%,  7.5%,  and  10%  by  weight  tin  loaded  SFSs  of 
20  mm  thickness;  and  (b)  7.5%  by  weight  tin  loaded  SFSs  of  10,  15,  20,  and  25  mm 
thicknesses  at  20  keV  x-ray  energy. 
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Figure  4-18  shows  the  LSFe  curves  for  the  150  |j.m  thick  CsI:Tl  screen  at  20,  35, 
and  50  keV  incident  x-ray  energies.  At  20  keV,  there  is  very  little  spatial  spread  of 
incident  x-ray  energy  as  the  majority  of  incident  x-rays  are  absorbed  locally  through 
photoelectric  absorption.  At  35  keV,  Iodine  K-characteristic  x-rays  are  emitted  following 
a  photoelectric  absorption  of  incident  x-ray.  The  fluorescence  yield  for  Iodine  K- 
characteristic  x-rays  emission  is  ~  88%  with  energies  of  28.6,  28.3,  and  32.3  keV  for  Kai, 
Ka2,  and  Kpi.  These  large  fraction  of  energetic  secondary  x-rays  are  emitted  isotropically, 
and  can  interact  again  within  the  CsI:Tl  at  a  remote  location  from  the  primary  x-ray 
interaction  site.  This  leads  to  a  large  spatial  spread  of  the  deposited  x-ray  energy  from  the 
primary  interaction  site.  At  50  keV,  this  spatial  spread  of  x-ray  energy  deposition  is 
reduced  as  a  result  of  increased  amount  of  x-ray  energy  deposited  at  the  primary 
interaction  sites  by  energetic  photoelectrons. 
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Figure  4-18.  LSFe  curves  for  the  150  ^im  thick  CsI:Tl  screen  at  20,  35,  and  50  keV 
incident  x-ray  energies. 
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4A.2.  Scintillation  Screen  MTF 

Figure  4-19  shows  the  MTFo(/)  curves  for  plastic  scintillating  fiber  screens  made 
of  scintillating  fibers  of  20,  30,  and  40  diameters.  For  d  =  20  \im,  MTFo(/)  values  are 
0.98,  0.93,  0.85  and  0.75  at  5, 10,  15  and  20  Ip/mm,  respectively. 
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Figure  4-19.  MTFo(/)  curves  for  SFS  with  individual  fiber  diameters  of  20,  30,  and 
40^m. 

Figure  4-20  shows  the  calculated  CsI:TI  screen  MTF,  MTFcsi(/),  and  the 
calculated  MTFe(/)  from  Monte  Carlo  Simulation  using  a  40  kV  x-ray  spectrum.  The 
MTFcsi(/)  is  obtained  from  the  measured  contrast  transfer  function  (CTF(/))  using 
equation  4-16.  Figure  4-20  also  shows  the  calculated  Csl:Tl  screen  optical  MTF  using 
Equation  4-13.  For  the  40  kV  x-ray  spectrum,  the  energy  of  only  about  7%  of  the  total 
incident  x-rays  is  greater  than  the  Iodine  K  edge.  The  effect  of  K-characteristic  x-ray 
emission  is  therefore  small  for  the  40  KV  x-ray  source.  The  Csl:Tl  screen  MTF  is 
dominated  by  the  scintillation  light  diffusion  within  the  screen. 
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Figure  4-20.  MTFe(/),  MTFo(/),  and  MTFcsi(/)  of  the  150  [im  thick  CsI:Tl  screen  using  a 
40  kV  x-ray  spectrum. 

Figure  4-21  (a),  (b),  and  (c)  show  the  MTF  of  the  plastic  scintillating  fiber  screen, 
MTFsFsC/),  curves  at  20,  35  and  50  keV  incident  x-ray  energies  for  the  three  types  of  SFSs 
of  20  mm  thickness  and  made  of  20  ^m  diameter  plastic  scintillating  fibers.  For  each 
SFS,  MTFsFs(/)  drops  quickly  in  the  range  from  0  to  2  Ip/mm  due  to  the  spread  of  x-ray 
energy  deposition  from  the  primary  interaction  site.  MTFsfsC/)  for  SFS:Pb:5%  improves 
with  increasing  x-ray  energy.  For  SFS:Sn:10%,  the  emission  and  absorption  of  tin  K- 
characteristic  x-rays  significantly  reduce  the  screen  MTF.  Nevertheless,  the  MTFsfs(/) 
values  of  all  SFSs  remain  high  (>  50%)  beyond  25  Ip/mm  and  are  dominated  by  the  20 
|xm  scintillating  fiber  diameter  used.  Table  4-4  summarizes  the  MTFsfs(/)  values  of  the 
three  SFSs  at  5,  10,  15  and  20  Ip/mm  spatial  frequencies  at  20  keV  x-ray  energy. 
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Figure  4-21 .  MTFsfs(/)  curves  of  the  three  types  of  SFSs  of  20  mm  thickness  and  made  of 
individual  scintillating  fibers  of  20  [im  diameter  at  20,  35,  and  50  keV  incident  x-ray 
energies. 
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Table  4-4.  MTFsfs(/)  values  for  three  types  of  SFSs  at  20  keV  incident  x-ray  energy 


MTFsFs(/) 

/  (Ip/mm) 

SFS:PS 

SFS:Pb:5% 

SFS:Sn:10% 

5 

0.94 

0.85 

0.93 

10 

0.90 

0.81 

0.89 

15 

0.82 

0.74 

0.81 

20 

0.73 

0.65 

0.72 

It  was  also  found  that  MTFsfs(/)  curves  show  negligible  dependence  on  the 
concentration  of  tin  from  5%  to  10%  by  weight  in  the  SFSs.  The  effect  of  the  SFS 
thickness  on  MTFspsC/)  is  also  very  small. 

Figure  4-22  shows  the  dependence  of  MTFsfs(/)  curves  on  the  scintillating  fiber 
diameter  for  a  20  mm  thick,  7.5%  by  weight  tin  loaded  SFS  at  20  and  35  keV  incident  x- 
ray  energies.  At  20  keV,  MTFsfs(/)  is  dominated  by  the  effect  of  the  plastic  scintillating 
fiber  diameter.  At  35  keV,  MTFsfs(/)  drops  significantly  as  tin  K-characteristic  x-rays  are 
emitted  and  absorbed  within  the  SFS. 

Figure  4-23  shows  the  150  |xm  thick  CsI:Tl  screen  MTF,  MTFcsi(/),  at  incident  x- 
ray  energies  from  20  to  50  keV.  Below  Iodine  K-edge,  x-ray  interactions  within  the 
CsI:Tl  screen  are  dominated  by  photoelectric  effect.  MTFcsi(/),  the  total  CsI:TI  screen 
MTF,  is  determined  by  the  scintillation  light  spread  (MTFo(/))  within  the  CsI:Tl  screen. 
There  is  little  difference  in  MTFcsi(/)  values  between  20  and  30  keV.  At  35  keV,  the 
reabsorption  of  Iodine  K-characteristic  x-rays  within  the  CsI:Tl  screen  lead  to  a  large 
spread  of  deposited  x-ray  energy.  Compared  to  20  keV,  MTF  values  at  35  keV  decreased 
about  15%,  30%,  and  35%  at  spatial  frequency  of  2,  5,  and  10  Ip/mm,  respectively. 
Above  35  keV,  MTFcsi(/)  improves  with  increasing  x-ray  energy. 
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Figure  4-22.  MTFsfs(/)  curves  at  20  and  35  keV  for  the  20  mm  thick,  7.5%  by  weight  tin 
loaded  SFSs  made  of  20,  30,  and  40  \xm  diameter  plastic  scintillating  fibers. 
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Figure  4-23.  MTF(/)of  the  150  ^m  thick  CsI:Tl  screen  at  incident  x-ray  energies  from  20 
to  50  keV. 
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4.4.3.  MTF  of  the  Slot  X-rav  Detectors 

Figure  4-24  shows  the  MTF  of  the  slot  x-ray  detector  using  the  20  mm  thick 
SFS:PS,  SFS:Pb:5%,  and  SFS:Sn:7.5%  at  20  and  35  keV  x-ray  energies.  All  SFSs  are 
made  of  20  \im  diameter  plastic  scintillating  fibers.  Also  shown  in  Figure  4-24  is  the 
MTF(/)  curve  of  the  CCD  with  pixel  size  of  24  |am. 
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Figure  4-24.  MTF  curves  of  the  slot  x-ray  detector  using  20  mm  thick  SFS:PS, 
SFS:Pb:5%,  and  SFS:Sn:7.5%  at  (a)  20,  and  (b)  35  keV  x-ray  energies.  All  SFSs  are 
made  of  20  jam  diameter  plastic  scintillating  fibers. 

For  SFS:PS  based  slot  x-ray  detector,  MTFoetectorC/)  is  dominated  by  the  SFS:PS 
screen  MTF  at  spatial  frequency  less  than  4  Ip/mm.  Beyond  5  Ip/mm,  MTFoetectorC/)  is 
governed  by  both  the  SFS:PS  screen  MTF  and  CCD  MTF.  MTFoetectorC/)  values  for 
SFS:Pb:5%  and  SFS:Sn:7.5%  based  slot  x-ray  detectors  exhibit  the  similar  properties  as 
mentioned  for  SFS:PS.  MTFoetectorC/)  for  SFS:PS  based  slot  x-ray  detector  is  superior  to 
slot  x-ray  detectors  using  a  high  Z  element  loaded  SFS.  At  20  keV,  MTFDetector(/)  for 
SFS:Sn:7.5%  based  slot  x-ray  detector  approaches  that  of  SFS:PS  based  slot  x-ray 
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detector,  and  is  significantly  higher  than  that  of  SFS:Pb:5%  based  slot  x-ray  detector.  At 
35  IceV,  MTFoetectorC/)  for  SFS:Sn:7.5%  based  slot  x-ray  detector  is  below  that  of 
SFS:Pb:5%  based  slot  x-ray  detector. 

Figure  4-25  shows  the  MTF  curves  of  the  slot  x-ray  detector  using  the  150  |a.m 
thick  CsI:Tl  screen  at  20,  35,  and  50  keV  x-ray  energies.  At  all  x-ray  energies, 
MTFoetectorC/)  is  dominated  by  the  CsI:Tl  screen  MTF.  At  20  keV,  MTFoetectorC/)  values  are 
0.76,  0.56,  0.32,  and  0.17  at  2,  5,  10,  and  15  Ip/mm. 
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Figure  4-25.  MTF(/)  of  the  slot  x-ray  detector  using  the  150  |im  thick  CsIrTl  screen  at  20, 
35,  and  50  keV  x-ray  energies 

Figure  4-26  shows  the  MTF(/)  curves  of  all  the  stages  for  the  Csl:Tl  screen  based 
slot  x-ray  detector  using  a  30  kV  mammographic  x-ray  spectrum.  The  differences  in  the 
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values  between  MTFoetectorC/)  for  the  30  kV  spectrum  and  for  20  keV  monoenergetic  x-ray 
source  are  less  than  1%  at  all  spatial  frequencies. 
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Figure  4-26.  MTF(/)  curves  of  all  the  conversion  stages  for  the  CsI:Tl  screen  based  slot  x- 
ray  detector  using  a  30  kV  mammographic  x-ray  spectrum. 

In  a  plastic  scintillating  fiber  screen  based  slot  x-ray  detector  investigated  in  this 
study,  the  plastic  scintillating  fiber  diameter  (20  j^m)  is  comparable  to  the  CCD  pixel  size 
(24  i^m).  Depending  on  the  relative  alignment  between  each  plastic  scintillating  fiber  and 
the  CCD  pixel(s),  shifting  an  object  parallel  to  the  image  plane  will  not  produce  the  same 
image.  The  relative  position  between  each  individual  plastic  scintillating  fiber  and  CCD 
pixel(s)  has  a  very  large  effect  on  the  final  slot  x-ray  detector  MTF.  A  range  of 
MTFDetector(/)s  cxists  for  a  plastic  scintillating  fiber  screen  based  slot  x-ray  detector. 
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Figure  4-27  shows  the  effect  of  pixel  alignment  on  the  MTFoetectorC/)  values  at  20 
keV  for  a  slot  x-ray  detector  using  a  7.5%  by  weight  tin  loaded  SFS  made  of  20  i^m 
plastic  scintillating  fibers.  Compared  to  the  perfect  alignment  in  which  one  plastic 
scintillating  fiber  is  covered  by  a  single  CCD  pixel,  MTFoetectorC/)  when  one  plastic 
scintillating  fiber  is  distributed  over  four  CCD  pixels  (worst  alignment)  decreased  about 
2%,  10%,  35%,  and  70%  at  spatial  frequencies  of  2,  5,  10,  and  15  Ip/mm,  respectively. 
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Figure  4-27.  Effect  of  pixel  alignment  on  MTFoetectorOO  curves  at  20  keV  incident  x-ray 
energy  for  a  slot  x-ray  detector  using  a  20  mm  thick,  7.5%  by  weight  tin  loaded  SFS  made 
of  20  |im  diameter  plastic  scintillating  fibers. 


4.4.4.  Measurement  of  Spatial  Resolution  in  the  Slot  X-ray  Detectors 


Spatial  resolution  performance  of  the  CsI:Tl  screen  based  slot  x-ray  detector  was 
investigated  by  taking  the  images  of  a  1°  star  resolution  test  pattern  (Nuclear  Associates, 
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Model  No.  07-542).  Phantom  movement  speed  was  varied  from  1  to  4  cm/second  to  study 
its  effect  on  image  spatial  resolution.  Figure  4-28  shows  an  x-ray  image  of  the  center  of 
the  1°  star  resolution  test  pattern  which  was  obtained  using  a  4  cm/second  scanning  speed 
and  a  tube  potential  of  32  kV  with  exposure  to  detector  level  of  -10  mR. 


Figure  4-28.  An  x-ray  image  of  a  1°  star  resolution  test  pattern  acquired  from  a  prototype 
Csl:Tl  screen  based  slot  x-ray  detector  using  a  32  kV  x-ray  spectrum. 
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The  limiting  spatial  resolution, /nax,  of  the  Csl:Tl  screen  based  slot  x-ray  detector 
can  be  determined  by  measuring  the  blur  diameter,  D  (mm),  in  the  star  image,  /max  is 
related  to  D  by 


/.ax  =  1-273^  (4-18) 


D  is  measured  to  be  3.96  mm  (165  pixels)  for  the  image  shown  in  Figure  4-28. 
The  resulted /nax  is  14.47  Ip/mm.  Table  4-5  summarizes  the  measured /nax  at  scanning 
speeds  from  1  to  4  cm/second,  /nax  was  also  found  to  be  independent  of  the  phantom 
movement  speed  for  the  CsI:Tl  screen  based  slot  x-ray  detector. 

Table  4-5.  Limiting  spatial  resolution, /nax,  as  a  fimction  of  scanning  speed  for  the  CsI:Tl 


screen  based  slot  x-ray  detector.  

Scanning  speed          Blur  Diameter       Blur  Diameter  (mm)  /max 
(cm/second)  (pixels)  (Ip/mm) 

1  153  3.672  15.60 

2  160  3.84  14.92 

3  163  3.912  14.65 
 4-  165  3.96  14.47 


From  a  MTF  curve,  /max  is  generally  given  by  the  spatial  frequency  where  the 
MTF  value  is  between  5  to  10%.  A  5  to  10%  MTF  value  (contrast)  is  a  threshold  for  a 
signal  to  be  detected  by  a  reader  with  additive  noise  level.  MTF  analysis,  however,  does 
not  count  the  noise  in  the  x-ray  detector.  The  predicted /nax  is  therefore  about  19  Ip/mm 
for  a  10%  MTF  threshold  the  MTFDetector(/)  curve  of  the  CsI:Tl  screen  based  slot  x-ray 
detector  shown  in  Figure  4-26. 

The  measured  limiting  spatial  resolution  of  the  CsI:Tl  screen  based  slot  x-ray 
detector  is  about  15  Ip/mm  which  appears  to  be  lower  than  that  of  about  19  Ip/mm 
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predicted.  The  reason  for  this  is  that,  measurement  of  spatial  resolution  is  affected  by 
several  factors  which  were  not  taken  into  account  in  the  theoretical  analysis.  Theses 
factors  include  (1)  noise  in  the  images  which  affect  the  observer's  ability  to  identify  the 
signals  in  the  noisy  background;  (2)  the  alignment  between  CCD  pixel  colurtm  and 
phantom  scarming  direction  which  is  practically  impossible  to  be  aligned  perfectly.  A 
single  point  in  the  phantom  can  therefore  be  spread  into  several  CCD  pixel  column  during 
the  scarming  process;  (3)  the  charge  transfer  efficiency  of  the  CCD  pixel  is  not  100%. 
This  will  always  leave  a  small  amount  of  CCD  pixel  charge  behind  the  actual  image 
pixel,  and  cause  a  spatial  spread  of  image  signal.  The  measured  15  Ip/mm  limiting  spatial 
resolution  is  therefore  consistent  with  the  theoretical  analysis  in  this  study. 

To  compare  the  spatial  resolution  performance  of  the  slot  x-ray  detectors  using  the 
CsI:Tl  screen  and  the  Gd202S:Tb  phosphor  screen,  the  above  measurement  of  limiting 
spatial  resolution  was  performed  on  the  same  slot  x-ray  detector  by  replacing  the  Csl:Tl 
screen  with  a  31.7  mg/cm^  Gd202S:Tb  Phosphor  (Kodak  Min-R  screen  phosphor).  Table 
4-6  summarizes  the  measured  /nax  at  scarming  speeds  from  1  to  4  cm/second  for  this 
Gd202S:Tb  phosphor  screen  based  slot  x-ray  detector.  At  scarming  speed  above  2 
cm/second,/nax  is  largely  affected  by  the  afterglow  effect  of  Gd202S:Tb  Phosphor. 


Table  4-6.  Limiting  spatial  resolution,  /nax,  as  a  fimction  of  scanning  speed  for  the 
Gd202S:Tb  phosphor  screen  based  slot  x-ray  detector.  


Scanning  speed 

Blur  Diameter 

Blur  Diameter  (mm) 

^max 

(cm/second) 

(pixels) 

(Ip/mm) 

1 

170 

4.08 

14.04 

2 

175 

4.2 

13.64 

3 

249 

5.976 

9.59 

4 

371 

8.904 

6.43 
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4.4.5.  Measurement  of  a  Prototype  Scintillating  Fiber  Screen  Spatial  Resolution 

Figure  4-29  shows  a  prototype  imaging  system  which  was  constructed  to 
investigated  the  spatial  resolution  performance  of  a  SFS  made  of  Polystyrene/PMMA 
core/cladding  scintillating  fibers.  The  SFS  was  1  cm  x  1cm  x  1  cm  thick,  and  was  made 
of  fibers  of  30  |j.m  in  diameter.  There  was  no  EMA  added  in  the  scintillating  fiber.  The 
SFS  was  coupled  to  a  tapered  glass  microfiber  image  guide  which  was  coimected  to  an 
image  intensifier.  The  intensified  image  was  then  read  out  by  a  room  temperature 
operated  CCD  TV  camera  for  subsequent  analysis.  Tapered  glass  image  guide  has  a 
demagnification  ratio  of  1.5:1.  CCD  pixel  size  was  20  ^m  which  converted  to  43.6  [im  at 
the  scintillating  fiber  screen  plane.  The  limiting  spatial  resolution  of  the  image  intensifier 
was  75  Ip/mm. 


Figure  4-29.  A  prototype  digital  x-ray  imaging  detector  using  a  plastic  scintillating  fiber 
screen. 

Figure  4-30  shows  an  x-ray  image  of  a  2°  star  resolution  test  phantom  which  was 
imaged  with  this  prototype  system.  The  test  image  was  obtained  by  setting  the  phantom  in 
direct  contact  with  the  SFS.  The  x-ray  tube  has  a  Tungsten  (W)  anode  and  the  tube 
potential  used  was  70  kVp  (2  mm  Al  filtration).  A  limiting  spatial  resolution  of  about 
1 1 .3  Ip/mm  was  confirmed  by  counting  the  number  of  line  pairs  per  mm  in  the  image. 
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This  showed  that  the  prototype  x-ray  imaging  detector  limiting  spatial  resolution  was 
mainly  determined  by  the  pixel  size  of  the  CCD  whose  resolution  was  reduced  to  11.5 
Ip/mm  when  transforming  back  to  the  scintillating  fiber  screen  plane.  It  implied  that  the 
limiting  spatial  resolution  of  the  SFS  alone  is  significantly  higher  than  1 1  Ip/mm.  This  is 
in  agreement  with  a  16.7  Ip/mm  limiting  spatial  resolution  as  can  be  expected  from  the  30 
l^m  scintillating  fiber  diameter.  However,  the  contrast  of  the  lead  bar  pattern  in  the  image 
is  low.  One  of  the  reason  is  that  scintillation  light  can  transmitted  through  many  fibers  to 
the  SFS  output  as  a  result  of  no  EMA  addition  in  the  SFS.  This  resulted  in  a  loss  of  image 
signal. 


Figure  4-30.  An  x-ray  image  of  a  2°  star  resolution  test  phantom  obtained  using  the 
prototype  SFS  based  digital  x-ray  imaging  detector. 
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More  importantly,  this  study  demonstrated  the  limitation  of  low  energy 
conversion  efficiency  and  scintillation  light  collection  efficiency  of  a  SFS.  It  was 
observed  that  the  star  image  appears  to  be  very  noisy.  There  are  several  factors 
contributing  to  this  noisy  appearance.  First,  the  input  photocathode  of  the  image 
intensifier  converts  scintillation  light  into  electrons.  However,  the  scintillation  light 
spectrum  of  the  scintillating  fibers  peaked  at  -530  nm,  where  the  image  intensifier 
photocathode  has  very  low  quantum  efficiency.  Second,  and  most  importantly,  the  plastic 
scintillating  fibers  had  an  energy  conversion  efficiency  of  -3%  and  a  scintillation  light 
collection  efficiency  of  -3%.  These  fibers  are  standard  products  of  current  scintillating 
fiber  technology.  These  low  energy  conversion  efficiency  and  light  collection  efficiency 
lead  to  the  low  image  signal  level.  Also,  the  CCD  camera  used  was  a  commercial  TV 
camera.  The  thermal  noise  and  readout  noise  of  the  CCD  camera  were  high.  As  a  result, 
the  image  signal  to  noise  ratio  is  low,  which  explains  why  the  star  image  appears  to  be 
very  noisy. 


CHAPTER  5 

NOISE  PROPAGATION  IN  THE  SLOT  X-RAY  DETECTORS 


5.1.  Detective  Ouantum  Efficiency  and  Noise  Propagation  Theory 

5.1 .1.  Detectiye  Quantum  Efficiency  (DOE) 

Noise  propagation  in  the  x-ray  imaging  detectors,  especially  radiographic  and 
fluoroscopic  phosphor  screens,  has  been  investigated  for  many  years.  It  is  recognized  that 
detective  quantum  efficiency,  DQE(/)  (where  /  is  spatial  frequency),  can  be  used  to 
characterize  the  overall  noise  performance  of  an  x-ray  imaging  detector  (Curmingham  et 
al.,  1994;  Dainty  and  Shaw,  1974;  Swank,  1973;  Tapiovaara  and  Wagner,  1984).  DQE(/) 
describes  the  efficiency  in  transferring  the  signal-to-noise  ratio  (squared)  contained  in  the 
incident  x-ray  pattern  to  the  detector  output,  as  given  by 


^      ^      SNRfif)  ^  ^ 


where,  SNRj(/)  and  SNRo(/)  are  the  input  and  output  signal-to-noise  ratio  (SNR)  of  the 
image  in  the  spatial  frequency  domain.  For  an  ideal  detector,  DQE(/)  is  unity  at  all  spatial 
frequencies.  Additional  noise  sources  in  a  real  detector  reduces  the  DQE(/)  and  often 
cause  the  DQE(/)  to  decrease  with  increasing  spatial  fi-equency.  For  monoenergetic 
incident  x-ray  energy,  Swank  (1973)  has  shown  that  the  zero  spatial  frequency  detective 
quantum  efficiency,  DQE(O),  of  a  scintillation  screen  is  given  by 

DQE(0)=r].A,  (5-2) 
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where  As  is  the  Swank  factor  (also  called  Swank  statistical  or  noise  factor). 

X-ray  conversion  in  the  scintillation  screen  is  a  process  of  primary  importance  for 
an  x-ray  imaging  detector.  X-ray  absorption  and  the  following  emission  of  scintillation 
light  from  the  scintillation  screen  directly  determine  both  the  signal  intensity  and  the 
magnitude  of  signal  fluctuations  referred  to  as  noise.  In  the  scaiming  slot  x-ray  detectors 
investigated,  the  output  signals  are  the  integration  of  generated  visible  photons.  The 
signal  intensity  in  general  is  distributed  according  to  some  probability  distributions. 
These  variations  cause  variations  in  the  magnitude  of  light  burst  from  each  x-ray 
interaction  in  the  scintillation  screen,  and  leads  to  an  uncertainty  (noise)  in  recording  the 
total  number  of  x-rays  incident  on  the  detector. 

There  are  three  major  factors  affecting  this  scintillation  light  intensity  distribution: 
(1)  the  incident  x-ray  energy  distribution.  (2)  the  absorbed  energy  distribution  which 
resuhs  from  different  absorption  process  (Metz  and  Vybomy,  1983,  Swank,  1973),  and 
(3)  the  optical  pulse  distribution  which  results  from  unequal  light  propagation  depending 
on  the  position  of  x-ray-to-light  conversion  (Drangova  and  Rowlands,  1986;  Nishikawa 
and  Yaffe,  1989,  1990a,  1990b).  The  last  two  distributions  are  unique  properties  of  the 
scintillation  screen,  and  their  effects  on  the  image  noise  is  characterized  by  As.  As  values 
range  from  0.6  to  0.8  for  most  phosphor  screens  used  in  screen-film  mammography. 

Calculations  and  measurements  of  As  can  be  performed  from  the  scintillation  light 
output  intensity  distribution  when  x-rays  of  monoenergetic  energy  incident  on  the 
scintillation  screen  (Chan  and  Doi,  1984;  Dick  and  Motz,  1981;  Fahrig  et  al.,  1995; 
Ginzburg  and  Motz,  1993;  Swank  1974).  As  is  defined  in  terms  of  the  moments,  mo,  mi, 
m2,  of  the  scintillation  light  output  intensity  distribution,  P(Nexit),  and  is  given  by 
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where  the  /th  moment  of  P(Nexit)  is  defined  as 


N 


exit 


(5-4) 


0 


For  a  plastic  scintillating  fiber  screen  (SFS),  emitted  scintillation  light  is  collected 
and  transmitted  to  the  SFS  output  due  to  the  total  reflection  principle.  The  number  of 
light  photons  exiting  the  SFS,  Nexit,  is  proportional  to  the  total  number,  N,  of  light 
photons  emitted  per  absorbed  x-ray,  and  is  independent  on  the  depth  of  x-ray  interaction 
within  the  SFS.  In  this  study,  the  emitted  light  intensity  distribution,  P(N),  was  therefore 
used  to  obtain  the  Swank  factor  for  the  SFS. 

Scintillation  light  intensity  distributions  are  computed  for  the  scintillation  screens 
(plastic  scintillating  fiber  screens  and  the  CsI:Tl  screen)  using  Monte  Carlo  simulation.  In 
all  simulations,  monoenergetic  x-rays  from  a  point  source  were  normally  incident  on  the 
scintillation  screen.  Three  x-ray  interaction  processes  with  the  scintillation  screens  were 
included:  Compton  scattering,  coherent  scattering,  and  photoelectric  effect.  The  Compton 
recoil  electrons,  photoelectrons  and  Auger  electrons  were  assumed  to  deposit  their 
energies  in  the  x-ray  interaction  sites. 

For  a  plastic  scintillating  fiber  screen,  total  x-ray  energy  deposited,  Ed,  from  each 
interacted  incident  x-ray  was  generated.  Ed  varies  due  to  the  variation  in  the  x-ray 
absorption  processes.  For  each  Ed,  the  average  number  of  light  photons  emitted,  N ,  is 
given  by 


(5-5) 
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The  conversion  from  Ed  to  the  number  of  Ught  photons  emitted  is  also  a  random 
process  which  is  described  by  a  Poison  distribution  with  mean  equal  to  N.  In  the 
simulation,  for  each  N  computed  using  equation  5-5,  a  value  for  N  was  generated  using 
the  rejection  sampling  method  described  by  Williamson  (1988). 

For  the  CsI:Tl  screen,  a  similar  method  was  used  to  generate  the  output 
scintillation  light  intensity  distribution,  P(Nexit).  The  average  of  Nexu  is  obtained  from 

Nexi,=E,-K  (5-6) 

where  K  =  4,  described  in  Chapter  4,  is  the  average  number  of  light  photons  output  from 
the  150  \im  thick  CsI:Tl  screen  per  keV  of  x-ray  energy  deposition. 

5.1.2.  Noise  Propagation  in  The  Multi-Stage  Imaging  System 

To  analyze  noise  performance  of  the  slot  x-ray  detectors,  the  theory  of  noise 
propagation  in  a  cascaded  imaging  system  is  applied.  In  this  approach,  an  imaging  system 
is  divided  into  cascaded  stages  in  which  noise  propagates  from  one  to  another 
(Cunningham  et  al.,  1994;  Dillon  et  al,  1985;  Rabbani  et  al.,  1987;  Rabbani  and  Van 
Metter,  1989;  Zwieg,  1965). 

Figure  5-1  shows  the  relationship  between  the  input  and  output  signal  and  noise  in 
each  stage  of  a  M  stage  imaging  system.  For  each  stage  (/),  signal,  Oi(x),  is  described  by 
the  distribution  of  image  quanta.  Oi(x)  is  a  one  dimension  representation  of  the  two 
orthogonal  dimension  distribution.  Noise,  Wi(/),  is  described  by  the  noise  power  spectrum 
(NPS).  The  SNR  in  each  stage  of  the  system  is  then  given  by 
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Figure  5-1.  Signal  and  noise  propagation  in  a  M  stage  imaging  system. 

For  a  stage  with  gain  only,  the  process  is  characterized  by  an  average  gain,  , 
and  the  variance  in  the  gain,      .  The  modulation  transfer  function,  MTF,(/),  of  a  gain 

only  stage  is  unity.  The  output  and  input  signal  and  noise  are  related  as 

=i,OM       ^(/)  =  Jf^.,(/)  +  <0,-,  (5-8) 

where  O/  is  the  mean  number  of  quanta  per  vmit  area.  For  an  ideal  stage  (cfg  =  0),  the 

signal  and  noise  are  equally  amplified  and  the  SNR  will  not  be  affected  by  an  ideal  stage. 

For  a  stage  with  spatial  spreading  only,  the  process  is  characterized  by  its 
modulation  transfer  function,  MTF,(/).  Consequently,  we  have  g.  =  1  and       =0.  The 

output  and  input  signal  and  noise  are  related  as 

o,  =  o,-,     ff;(/)  =  [P^_,(/)-o,-,]Mri^'(/)+OM  (5-9) 

In  an  x-ray  imaging  system,  many  physical  processes  always  involve  both  a  gain 
and  a  spatial  spreading.  For  example,  the  conversion  of  x-ray  to  light  photons  in  a 
scintillation  screen  includes  a  gain  process  in  which  one  x-ray  is  converted  into  many 
light  photons,  and  a  spatial  spreading  process  in  which  the  light  photons  diffused  to  the 
screen  output.  To  apply  the  noise  propagation  theory,  this  physical  stage  is  divided  into 
two  cascaded  stages:  a  gain  only  stage  which  accounts  for  both  the  conversion  (from  x- 
ray  to  light  photons)  gain  and  attenuation  loss  of  light  photons  during  the  diffusion  to  the 
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screen  output;  a  spatial  spreading  only  stage  which  only  accounts  for  the  spatial 

spreading.  For  example,  if  one  x-ray  is  converted  into  2000  light  photons  in  the  screen. 

These  2000  light  photons  are  partially  absorbed  in  the  screen  on  their  way  to  the  screen 

output,  and  only  1 500  light  photons  exit  the  screen.  The  gain  for  the  gain  only  stage  will 

be  assigned  a  value  of  1500. 

Equation  5-9  indicates  that  for  a  spatial  spreading  stage,  the  correlated  component 

of  noise  is  modulated  by  the  square  of  the  MTF  of  the  stage,  whereas  the  imcorrelated 

noise  component  is  not  changed.  In  a  stage  where  independent  noise  sources  (such  as 

screen  structure  noise,  electronic  noise,  etc.)  exist,  equation  5-8  and  5-9  are  modified  by 
adding  the  NFS  of  the  additive  noise,  W^^  (/) ,  to  the  output  NFS. 

The  spatial  frequency  dependent  DQE,  DQE(/),  of  a  M  stage  system  is  generally 
given  by 


When  the  input  of  a  M  cascaded  stage  system  has  a  Foisson  distribution  (as  is 
always  true  for  an  x-ray  imaging  system),  we  have  Wo(/)  =  Oq.  Combining  this  and 
equations  5-8  or  5-9,  it  can  be  found  that  DQE(/)  of  a  M  stage  system  is  given  by 


(5-10) 


DQEif )  = 


1 


f 


(5-11) 
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where  the  Poisson  excess  term,  is  used  to  describe  the  relative  amount  of  variance  in 
the  distribution  of  g,  that  exceeds  that  of  a  Poisson  distribution,  s^.  is  given  by 


5.2. 1.  Incident  X-rav  Fluence 

Diagrams  of  the  slot  x-ray  detectors  are  shown  in  Figure  4-1  and  4-2.  In  this  study, 

the  slot  x-ray  detectors  are  described  as  cascaded  conversion  stages  according  to  the  noise 

propagation  theory.  A  total  of  six  conversion  stages  were  identified:  (1)  Interactions  of  x- 

rays  within  the  screen;  (2)  Spatial  spreading  of  x-ray  energy  within  the  screen;  (3) 

Conversion  of  x-ray  to  light;  (4)  Spatial  spreading  of  light  to  screen  output;  (5)  Coupling 

of  screen  light  to  CCD;  (6)  Conversion  of  light  to  CCD  electrons.  In  this  section,  the 
parameters  (g,     ,  and  MTF(/))  governing  the  signal  and  noise  propagation  properties  of 

the  slot  x-ray  detector  are  discussed  for  each  stage.  A  generalized  equation  is  then  derived 
for  the  DQE(/)  of  the  slot  x-ray  detector. 

Monoenergetic  x-rays  from  1 5  to  50  keV  are  considered.  For  a  given  incident  x- 
ray  energy  E  (in  units  of  keV),  the  mean  fluence,  Oo ,  per  unit  x-ray  exposure,  X  (in  imits 
of  mR),  is  calculated  as 


(5-12) 


5.2.  Noise  in  Cascaded  Slot  X-ray  Detectors 


<Do        5.45- 10 


(units:  x-rays/mm  /mR) 


(5-13) 


X  £-[^,,(£)/p] 


129 


where  [}Jab(E)/p]air  is  the  energy  absorption  coefficient  (cm  /g)  for  air.  Because  the 
incident  x-ray  fluenceOois  Poisson  distributed,  we  have  Wo(/)  -  . 

5.2.2.  Screen  Model 

A  cascaded  scintillation  screen  model  is  composed  of  three  distinctive  processes. 
These  are  x-ray  interaction,  x-ray  to  light  photon  conversion,  and  light  photon 
propagation  to  the  screen  output. 

X-ray  interaction  in  the  scintillation  screen  is  again  a  process  which  has  both  a 

gain  and  a  spatial  spreading.  To  apply  equation  5-11,  this  process  is  divided  into  two 

cascaded  stages.  The  probability  of  a  incident  x-ray  interacted  in  the  scintillation  screen  is 

determined  by  the  screen  x-ray  interaction  efficiency  r\.  This  is  a  binary  selection  process, 
and  can  be  considered  as  a  gain  stage  with  gain  g,  =  t],  and  variance      =  r|(l-r|).  Hence 


Values  of  x-ray  interaction  efficiency  r[  are  given  in  Chapter  4. 

As  a  result  of  incident  x-ray  scattering  and  possibly  characteristic  x-ray  emission 
in  the  screen,  part  of  the  deposited  x-ray  energy  is  re-assigned  a  new  location  away  from 
the  primary  interaction  site.  This  stage  is  governed  by  the  x-ray  energy  deposition  MTF, 
MTFe(/),  as  defined  and  given  in  Chapter  4.  We  have,  MTF2(/)  =  MTFe(/),  gain  ~g^=  \, 
and  variance      =  0.  Hence 
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As  discussed  in  section  5.1.2,  conversion  of  deposited  x-ray  energy  into  light 
quanta  is  a  gain  only  stage  with  gain  =  Nexit,  the  average  number  of  light  photons 
exiting  the  scintillation  screen  per  interacted  x-ray,  and  a  variance  ct^^  .  Nexit  can  be 

calculated  from  the  generated  scintillation  light  intensity  distributions  P(Nexit)  of  the 
scintillation  screens  as  following 

=  .    =  —  (5-14) 


Since 


(5-15) 


then,  we  have 


^L-<NL>-g'  = 


nu 


(  \2 


(5-16) 


Finally,  the  Poisson  excess  term      and  s^^  can  be  found  by  inserting  equations 
5-14  and  5-16  into  equation  5-12 


E_  ==  -1  =  


1  = 


-1 


w, 


-1  = 
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Scintillation  light  propagation  to  the  screen  output  is  a  stage  with  spatial  spreading 

governed  by  the  scintillation  screen  optical  MTF,  MTFo(/).  We  have,  MTY^if)  = 
MTFo(/),  gain     =  1,  and  variance  cr^  =  0.  Hence 


MTFo(/)s  for  the  scintillation  screens  investigated  are  given  in  Chapter  4. 

5.2.3.  Image  Guide  to  CCD  Coupling 

Coupling  of  light  photon  to  the  CCD  by  the  image  guide  is  a  stage  with  only  a 

gain.  The  coupling  efficiency  K  represents  a  binary  selection  that  a  light  photon  may  be 
transported  to  the  CCD  pixels  by  the  image  guide.  Therefore,  gain  g^=  K,  variance  a^^  = 

K{\-K),  and  Poisson  excess  term  e^^  =  -K .  Coupling  efficiency  K  has  been  described  in 

Chapter  4.  K  is  0.9  for  the  plastic  scintillating  fiber  screen  based  slot  x-ray  detector,  and 
0.675  for  the  CsI:Tl  screen  based  slot  x-ray  detector. 

Conversion  of  light  photons  into  electrons  in  the  CCD  pixels  is  also  a  binary 
selection  process  governed  by  the  quantum  efficiency  Q  of  the  CCD.  Again,  gain  =  Q, 
variance  a^  =  Q(\-Q),  and  Poisson  excess  term  eg^=-Q.  An  average  quantum 

efficiency  Q  of  0.40  is  used  for  both  the  plastic  scintillating  fiber  screen  based  and  the 

CsI:Tl  screen  based  slot  x-ray  detectors. 

Additive  CCD  camera  electronic  noise  S^^  (/)  is  added  after  the  generation  of 

CCD  electrons  from  x-ray  interaction.  The  detailed  description  of  CCD  camera  noise  is 
given  in  Chapter  2.  This  additive  electronic  noise  generally  has  a  Poisson  distribution 
with  mean  equal  to  the  average  number  of  noise  electrons,  Neadd  P^r  CCD  pixel. 
Therefore  S^^  (/)  =  Ne^dd  in  units  of  electrons/pixel  area.  Neajd  has  been  estimated  to  be 

2704  (52  e"  rms)  in  Chapter  2. 
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Integration  of  electrons  in  the  CCD  pixels  is  a  deterministic  spreading  stage 
representing  the  integration  of  quanta  by  the  CCD  and  characterized  by  the  CCD  pixel 
MTF,  MTFccd(/)-  Since  both  the  spatial  frequency  dependent  signal  (squared)  and  NPS 
are  modulated  identically  by  MTFccd(/),  this  stage  will  have  no  effect  on  the  detector 
DQE(/). 

5.2.4.  Detector  DOE(f) 

Insert  all  the  required  parameters  as  defined  above  into  equation  5-11,  the  DQE(/) 
of  the  slot  x-ray  detector  is  given  by 


 3   (5-17) 

-  +  - 


A,  ■  MTFl if)    N^,  K  Q-  MTF^ (/) •  MTF^ (/)    r^(N.„,  ■K■Q■  MTF, (/) •  MTF„ (/))f 


At  zero  spatial  frequency  /=  0  Ip/mm,  if  the  product  of  n„„  k  q  is  »  1,  then 
equation  5-17  reduces  to  DQE{0)  -  r\Ag  (equation  5-2). 

In  all  previous  works,  the  stage  accounting  for  the  spatial  spreading  of  deposited 
x-ray  energy  was  not  included  in  the  noise  propagation  analysis.  Equation  5-17  was 
therefore  simplified  as 


DQE(f)  =  !  =  =  


■K  Q- mFl„M)  K  Q- hfrF,„,M)) 


where  MTF^^^^^„{f)  is  the  total  screen  MTF  and  is  actually  given  by  the  product 
MrFp{f)-MTFQ{f).  In  a  scintillation  screen  at  a  given  incident  x-ray  energy  where 
^F,:{f)\s  significant  less  than  1,  ignoring  the  contribution  of  MTF^if)  will  result  in 
overestimated  DQE(/)  values  at  spatial  frequencies  >  0  Ip/mm. 
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This  is  the  first  study  in  which  a  stage  describing  the  spatial  spreading  of 
deposited  x-ray  energy  is  identified  as  a  separate  stage  in  the  analysis  of  noise 
propagation  of  an  x-ray  imaging  system.  Previous  studies  assumed  x-ray  interactions  in 
the  x-ray  detectors  are  dominated  by  photoelectric  effect,  and  therefore  MTFe(/)  s  1 .  This 
may  be  valid  for  some  phosphor  screens  in  diagnostic  x-ray  energies  if  the  x-ray  energy  is 
locally  deposited.  However,  when  the  energies  of  a  large  fraction  of  incident  x-rays  are 
above  the  K-edge(s)  of  the  phosphor  screen  high  Z  elements  (such  as  Gadolinium  in 
Gd202S:Tb  phosphor),  the  spatial  spread  of  the  x-ray  energy  deposition  becomes 
important.  In  other  x-ray  detection  materials  such  as  the  plastic  scintillating  fiber  screen 
investigated  in  this  study  or  in  other  x-ray  imaging  applications  such  as  portal  imaging 
where  high  energy  x-rays  are  used,  there  are  appreciable  amount  of  incident  x-rays 
undergo  scattering  processes  which  also  cause  a  spatial  spread  of  deposited  x-ray  energy. 
Equation  5-17  can  therefore  be  applied  to  these  imaging  situations  providing  the  spatial 
spreading  of  x-ray  energy  deposition  can  be  accurately  modeled  by  theoretical  analysis  or 
Monte  Carlo  simulation. 

In  this  study,  DQE(/)  values  computed  using  equations  5-17  and  5-18  are 
compared  for  slot  x-ray  detectors  using  SFS:PS,  SFS:Sn:10%,  and  CsI:Tl  screen.  SFS:PS 
represents  a  scintillation  screen  in  which  x-ray  interactions  are  dominated  by  Compton 
Scattering.  SFS:Sn:10%  and  CsI:Tl  screen  represent  scintillation  screens  in  which  x-ray 
interactions  are  dominated  by  photoelectric  effect.  The  difference  between  SFS:Sn:10% 
and  CsI:Tl  screen  is  that  Nexit  of  CsI:Tl  screen  is  significantly  higher  (greater  than  a  factor 
of  2)  than  that  of  SFS:Sn:10%.  This  allows  a  comparison  to  be  made  between  the  low  and 
high  energy  conversion  efficiency  scintillation  screens. 

Figure  5-2  shows  the  calculated  DQE(/)  of  (a)  SFS:PS,  (b)  SFS:Sn:10%,  and  (c) 
CsI:Tl  screen  based  slot  x-ray  detectors  calculated  using  equations  5-17  and  5-18.  For 
SFS:PS,  there  are  about  10%  and  5%  difference  in  the  calculated  DQE(O)  at  20  and  35 
keV  x-ray  energies,  respectively,  at  spatial  frequencies  greater  than  2  Ip/mm.  For 


134 


SFS:Sn:10%,  theses  differences  are  about  10%  at  20  keV,  and  about  35%  at  35  keV.  The 
average  difference  for  CsI:Tl  screen  is  about  3%  at  20  keV,  but  increases  to  about  60%  at 
35  keV. 
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Figure  5-2.  DQE(/)  of  (a)  SFS:PS,  (b)  SFS:Sn:10%,  and  (c)  CsI:Tl  screen  based  slot  x-ray 
detectors  calculated  using  equation  5-17  with  and  without  the  consideration  of  a  separate 
stage  for  spatial  spreading  of  x-ray  energy  deposition. 
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5.3.  Zero  Spatial  Frequency  Detective  Quantum  Efficiency 

5.3. 1.  Scintillation  Light  Intensity  Distribution 

Figures  5-3  (a)  to  (c)  show  the  emitted  light  intensity  distributions,  P(N),  for  the 
three  types  of  plastic  scintillating  fiber  screens  of  20  mm  thickness  at  20,  35,  and  50  keV 
x-ray  energies.  P(N)s  of  SFS:PS  are  always  composed  of  a  photopeak  and  a  Compton 
continuum.  P(N)'s  of  both  high  Z  element  loaded  SFSs  are  dominated  by  the  photopeak. 
The  photopeaks  of  the  high  Z  element  loaded  SFSs  shift  to  a  smaller  N  value  than  that  of 
the  SFS:PS  photopeak.  This  is  due  to  the  quenching  of  scintillation  light  by  the  addition 
of  high  Z  elements  in  the  SFS. 

Figure  5-4  shows  the  scintillation  light  output  intensity  distributions  for  the  150 
|jjn  thick  CsI:Tl  screen  20,  35,  and  50  keV  x-ray  energies.  At  20  keV  (and  x-ray  energies 
below  Iodine  K-edge),  P(Nexit)  is  composed  of  a  single  photopeak  as  a  result  of 
photoelectric  effect  domination  of  x-ray  interactions  in  the  CsI:Tl  screen.  At  35  and  50 
keV  (x-ray  energies  above  Iodine  or  Iodine/Cesium  K-edges),  the  escape  of  Iodine  or 
Iodine/Cesium  K-characteristic  x-rays  leads  a  wide  distribution  of  Nexit,  as  shown  by  the 
appearance  of  the  Iodine  or  Iodine/Cesium  K-escape  peaks. 

The  computed  scintillation  pulse  height  spectrum  at  50  keV  is  in  agreement  with 
two  measured  scintillation  pulse  height  spectra  of  similar  CsI:Tl  phosphors  (Groot,  1991; 
Swank,  1974).  In  both  measurements,  two  peaks  were  observed  in  each  spectrum:  the 
photopeak  and  a  lower  peak  corresponds  to  absorption  of  an  x-ray  followed  by  the  escape 
of  the  K  x-rays  of  I  or  Cs.  The  energy  difference  between  the  K  x-rays  of  Cs  and  I  was  not 
resolved,  either. 
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Figure  5-3.  P(N)  of  three  types  of  SFSs  of  20  mm  thickness  at  (a)  20,  (b)  35,  and  (c)  50 
keV  x-ray  energies. 
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Figure  5-4.  P(Nexit)  of  the  150  thick  CsI:Tl  screen  at  20,  35,  and  50  keV  x-ray 
energies. 


Figure  5-5  shows  the  calculated  swank  factors,  As,  as  a  function  of  x-ray  energy 
for  (a)  three  types  of  SFSs  of  20  mm  thickness,  (b)  5%,  7.5%,  and  10%  by  weight  tin 
loaded  SFSs  of  20  mm  thickness,  and  (c)  7.5%  by  weight  tin  loaded  SFSs  with  thickness 
varying  from  10  to  25  mm.  The  measured  of  a  Min-R  screen  is  obtained  from  work 
done  by  Trauemicht  and  Van  Metter  (1990)  and  shown  in  Figure  5-5  (a). 
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Figure  5-5.  Swank  factor,  As,  as  a  ftinction  of  incident  x-ray  energy  for  (a)  three  types  of 
SFSs  of  20  mm  thickness,  (b)  5%,  7.5%,  and  10%  by  weight  tin  loaded  SFSs  of  20  mm 
thickness,  and  (c)  7.5%  by  weight  tin  loaded  SFSs  with  thickness  varying  from  10  to  25 
mm.  Measured  Min-R  screen  As  values  by  Trauemicht  and  Van  Metter  (1990)  is  also 
shown  in  (a). 
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As  of  SFS:PS  decreases  quickly  as  x-ray  energy  increases  which  is  due  to  the 
reduced  photoelectric  interaction  cross  section  with  increasing  incident  x-ray  energy. 
Because  P(N)'s  of  SFS:Pb:5%  are  dominated  by  the  photopeak,  As  of  SFS:Pb:5%  is  close 
to  unity  from  15  to  50  keV.  At  x-ray  energies  below  tin  K-edge  (29.2  keV),  of  the 
SFS:Sn:10%  is  also  close  to  unity.  Although  it  drops  abruptly  just  above  tin  K-edge,  As 
of  SFS:Sn:10%  increases  as  x-ray  energy  increases  further.  The  results  show  that  Swank 
factors  of  both  high  Z  element  loaded  SFSs  are  significantly  higher  than  that  of  a  Min-R 
screen.  Figure  5-5  (b)  and  (c)  show  that  As  improves  with  increasing  tin  concentration 
from  5  to  10%,  but  shows  little  dependence  on  the  SFS  thicknesses. 

Figure  5-6  shows  the  calculated  swank  factors.  As,  as  a  function  of  x-ray  energy 
for  the  150      thick  CsI:Tl  screen. 
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Figure  5-6.  Swank  factor.  As,  as  a  function  of  incident  x-ray  energy  for  the  150  |am  thick 
Csl:Tl  screen.  Measured  Min-R  screen  As  values  by  Trauemicht  and  Van  Metter  is  also 
shown  in  (a). 
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As  can  be  expected  from  the  scintillation  light  output  intensity  distribution,  A5  of 
the  150  mm  thick  CsI:Tl  screen  is  close  to  imity  at  x-ray  energies  below  Iodine  K-edge.  At 
higher  x-ray  energies,  however.  As  is  largely  affected  by  the  escape  of  Iodine  or 
Iodine/Cesium  K-characteristic  x-rays.  This  could  be  a  potential  problem  since  high 
energy  x-ray  spectra  with  x-ray  energy  up  to  45  keV  have  been  proposed  for  scarming  slot 
digital  mammography.  This  effect  will  depend  on  the  fraction  of  x-rays  with  energies 
greater  than  the  Iodine  K-edge  in  the  x-ray  spectrum. 

5.3.2.  Screen  and  Detector  DOE(O) 

Figure  5-7  shows  calculated  (using  equation  2)  scintillation  screen  DQE(O)  as  a 
function  of  incident  x-ray  energy  for  (a)  three  types  of  SFSs  of  20  mm  thickness,  (b)  5%, 
7.5%,  and  10%  by  weight  tin  loaded  SFSs  of  20  mm  thickness,  and  (c)  7.5%  by  weight 
tin  loaded  SFSs  with  thickness  varying  from  10  to  25  mm.  The  DQE(O)  of  a  Min-R 
screen  is  also  shown  in  Figure  5-7  (a).  Loading  high  Z  elements  significantly  improves 
DQE(O)  of  the  plastic  scintillating  fiber  screen.  DQE(O)  of  SFS:Pb:5%  ranges  from  about 
99%  to  62%  from  15  to  50  keV,  and  is  primarily  determined  by  its  x-ray  interaction 
efficiency.  DQE(O)  of  t  SFS:Sn:10%  is  greater  than  80%.  In  the  20  to  30  keV  x-ray 
energy  range,  DQE(O)  of  both  high  Z  element  loaded  SFSs  is  a  factor  of  three  higher  than 
the  DQE(O)  of  the  Min-R  screen.  The  combination  effect  of  improved  x-ray  interaction 
efficiency  (rj)  and  swank  factor  (As)  with  increasing  tin  concentration  leads  to  a 
significant  dependence  of  DQE(O)  on  the  tin  concentration.  For  7.5%  by  weight  tin 
loaded  SFSs,  difference  in  DQE(O)  for  different  SFS  thickness  is  mainly  determined  by 
the  difference  in  x-ray  interaction  efficiency. 
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Figure  5-7.  DQE(O)  plotted  as  a  function  of  incident  x-ray  energy  for  (a)  three  types  of 
SFSs  of  20  mm  thickness,  (b)  5%,  7.5%,  and  10%  by  weight  tin  loaded  SFSs  of  20  mm 
thickness,  and  (c)  7.5%  by  weight  tin  loaded  SFSs  with  thickness  varying  from  10  to  25 
mm. 


Figure  5-8  shows  calculated  (using  equation  2)  scintillation  screen  DQE(O)  as  a 
function  of  incident  x-ray  energy  for  the  150  |am  thick  CsI:Tl  screen.  At  x-ray  energies 
below  Iodine  K-edge,  DQE(O)  is  primarily  determined  by  the  x-ray  interaction  efficiency 
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in  the  150  |am  thick  CsI:Tl  screen.  The  major  screen  noise  at  zero  spatial  frequency 
therefore  arises  from  the  fluctuation  in  the  number  of  x-rays  interacted  in  the  CsI:Tl 
screen  at  mammography  x-ray  energies.  Further  increase  in  the  CsI:Tl  screen  thickness 
would  improve  the  screen  noise  performance  but,  as  mentioned  earlier  would  affect  the 
spatial  resolution  and  scintillation  light  output  of  the  CsI:Tl  screen. 

100 

90 
80 
70 
60 

S  50 
2'  40 
30 
20 
10 
0 

15        20       25        30       35        40       45  50 
X-ray  Energy  (keV) 


Figure  5-8.  DQE(O)  plotted  as  a  function  of  incident  x-ray  energy  for  the  150  |am  thick 
CsLTl  screen. 

Figure  5-9  shows  in  dashed  lines  the  calculated  (using  equation  16)  detector 
DQE(O)  as  a  function  of  incident  x-ray  energy  for  slot  x-ray  detectors  using  the  three 
types  of  SFSs  of  20  mm  thickness,  and  the  150  [im  thick  CsI:Tl  screen.  Also  shown  in 
Figure  5-9  are  the  corresponding  DQE(O)  of  the  scintillation  screen  for  each  slot  x-ray 
detector.  For  SFS:PS  based  slot  x-ray  detector,  DQE(O)  is  dominated  by  its  x-ray 
interaction  efficiency  and  decreases  with  increasing  x-ray  energy.  For  both  high  Z 
element  loaded  SFSs,  DQE(O)  increases  as  x-ray  energies  increases  from  15  keV.  This  is 
a  result  of  increased  Nexit  at  higher  x-ray  energies.  DQE(O)  reaches  the  maximum  at  25 
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keV  for  SFS:Pb:5%  and  20  keV  for  SFS:Sn:10%  based  slot  x-ray  detector,  and  is  largely 
affected  by  the  decreasing  x-ray  interaction  efficiency  at  higher  x-ray  energies. 
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Figure  5-9.  DQE(O)  as  a  function  of  incident  x-ray  energy  for  slot  x-ray  detectors  using 
(a)  three  types  of  SFSs  of  20  mm  thickness,  and  (b)  the  1 50  fim  thick  CsI:Tl  screen. 
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For  CsI:Tl  screen  based  slot  x-ray  detector,  DQE(O)  is  always  dominated  by  its  x- 
ray  interaction  efficiency.  Except  at  very  low  x-ray  energies,  DQE(O)  of  the  CsI:Tl  screen 
based  slot  x-ray  detector  is  close  to  that  of  the  CsI:Tl  screen.  This  is  due  to  that  Nexit  of 
CsI:Tl  screen  at  x-ray  energies  above  20  keV  is  high  and  the  noise  contributions  from 
other  stages  are  reduced.  The  effect  of  other  noise  sources  manifest  due  to  the  small  Nexit 
for  both  high  Z  element  loaded  screens  from  15  to  30  keV.  DQE(O)  values  of  both  high  Z 
element  loaded  SFSs  are  significantly  lower  than  that  of  the  corresponding  screens. 

5.3.3.  DQE(O)  and  X-ray  Exposure  and  CCD  Electronic  Noise 

Figure  5-10  shows  the  dependence  of  DQE(O)  on  x-ray  exposure  to  the  slot  x-ray 
detector  at  (a)  20  and  (b)  35  keV  x-ray  energies.  At  20  keV,  DQE(O)  values  of  all  the  slot 
x-ray  detectors  improves  with  increased  x-ray  exposure  up  to  about  5  mR.  Whereas  at  35 
keV,  DQE(O)  values  saturate  at  about  1  mR.  This  is  due  to  the  large  difference  in  the 
fluence  (Oq)  of  the  incident  x-rays  at  the  two  x-ray  energies.  Oq  is  about  32  per  CCD 
pixel  per  mR  at  25  keV  and  about  101  at  35  keV.  The  x-ray  quantum  noise  at  35  keV  is 
therefore  lower  than  that  at  20  keV  for  the  same  detector  exposure  level.  The  fact  that,  at 
20  keV,  DQE(O)  improves  from  0.1  to  5  mR  indicates  the  additive  electronic  noise  level 
of  about  50  electrons  rms  in  the  slot  x-ray  detector  is  still  significant. 

Figure  5-11  shows  the  dependence  of  DQE(O)  on  the  additive  CCD  electronic 
noise  level  at  (a)  20  and  (b)  35  keV  x-ray  energies  and  x-ray  exposure  level  of  1  mR. 
Similarly,  due  to  a  factor  of  greater  than  two  in  the  number  of  incident  x-rays,  the  additive 
CCD  electronic  noise  has  a  smaller  effect  on  DQE(O)  at  35  keV.  At  20  keV,  It  is  seen  the 
reducing  the  additive  electronic  noise  level  from  the  estimated  2704  electrons  to  about 
1000  electrons  can  provide  about  40%,  30%,  and  10%  improvement  in  DQE(O)  values  for 
SFS:PS,  two  high  Z  element  loaded  SFSs,  and  the  CsI:Tl  screen  based  slot  x-ray 
detectors,  respectively. 
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(a)  (b) 

Figure  5-10.  Dependence  of  DQE(O)  on  x-ray  exposure  to  the  slot  x-ray  detector  at  (a)  20 
and  (b)  35  keV  x-ray  energies. 


(a)  (b) 

Figure  5-11.  Dependence  of  DQE(O)  on  the  additive  CCD  electronic  noise  level  at  (a)  20 
and  (b)  35  keV  x-ray  energies. 
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5.3.4.  Comparison  with  Published  Works 

Swank  factor  of  some  other  type  of  CsI:Tl  screens  used  in  x-ray  image  intensifiers 
has  been  calculated  or  measured  or  by  a  number  of  investigators.  Swank  (1973) 
calculated  the  As  values  of  a  111  i^m  thick  and  a  222  \im  thick  Csl  crystals  only  taking 
account  of  the  energy  deposition  variation  for  incident  x-rays.  Table  5-1  compares  the 
calculated  values  by  Swank  and  the  results  of  present  study.  At  20  and  30  keV,  there  is 
little  difference  in  A5  values  between  the  two  studies,  although  the  present  study  takes 
into  account  the  effect  of  scintillation  light  propagation  within  the  Csl  crystal.  These 
results  showed  that  As  of  Csl  crystal  is  mainly  determined  by  the  x-ray  absorption 
processes.  At  40  and  50  keV,  the  present  results  for  the  150  jam  thick  Csl  crystal  are 
within  the  range  of  A5  values  calculated  for  the  1 1 1  and  222  |a,m  thick  Csl  crystals  by 
Swank.  This  good  agreement  demonstrates  the  reasonable  accuracy  of  this  study. 

Table  5-1.  Comparison  of  Swank  factors,  As,  calculated  from  this  study  with  the  work 
done  by  Swank  (1973).  


Energy  Present  Study   Swank  Work  

(keV)  (150  urn  Csl)  (111  urn  Csl)  (222  ^m  Csl) 

20  0.99  1.00  1.00 

30  0.99  1.00  1.00 

40  0.82  0.76  0.82 

50  0.87  0.85  0.89 


Groot  (1991)  measured  Swank  factor  of  some  prismatic  Csl  crystals.  In  that 
measurement.  As  was  measured  from  the  scintillation  pulse  height  spectra  of  the  Csl 
crystal  layers  using  an  Am-241  monoenergetic  x-ray  source  (59.6  keV).  As  was  -0.9  and 
varied  only  slightly  with  the  Csl  crystal  layer  thicknesses  from  250  to  500  \xm.  In  an 
earlier  study,  Swank  (1974)  measured  the  As  of  an  approximately  100  jim  thick  CsI:Tl 
phosphor  using  the  Am-241  x-ray  source.  A5  was  found  to  be  0.86.  The  results  from  the 
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present  calculations  are  consistent  with  these  measured  values.  Exact  matches,  however, 
are  not  expected  due  to  different  Csl  crystal  geometry. 

5.4.  Spatial  Frequency  Dependent  Detective  Quantum  Efficiency 

5.4.1 .  X-ray  Exposure 

Figure  5-12  shows  the  dependence  of  DQE(/)  on  the  x-ray  exposure  at  20  keV  x- 
ray  energy  for  slot  x-ray  detectors  using  (a)  SFS:PS,  (b)  SFS:Pb:5%,  (c)SFS:Sn:10%,  and 
(d)  150  ^m  thick  CsLTl  screen.  All  SFSs  are  20  mm  thick  SFSs  and  made  of  20  [im 
diameter  scintillating  fibers. 

At  all  non  zero  spatial  frequencies,  increasing  the  detector  exposure  generally 
improves  DQE(/)  values  for  all  slot  x-ray  detectors.  This  effect  is  more  significant  at 
lower  x-ray  exposures  (less  than  5  mR)  where  electronic  noise  contribution  is  relatively 
high.  For  all  SFS  based  slot  x-ray  detectors,  improvement  in  DQE(/)  with  increased  x-ray 
exposure  only  shows  a  slight  increase  at  high  spatial  frequencies.  When  x-ray  exposure 
increases  from  1  to  5  mR,  the  DQE(/)  improves  by  a  factor  of  ~  1 .6,  1 .4,  and  1 .4  for  the 
SFS:PS.  SFS:Pb:5%,  and  SFS:Sn:10%  based  slot  x-ray  detector,  respectively. 

DQE(/)  values  of  CsI:Tl  screen  based  slot  x-ray  detector,  however,  show  a  very 
strong  dependence  on  the  x-ray  exposure.  For  example,  from  1  to  5  mR,  DQE(/)  increases 
by  a  factor  of  about  1.1,  1.4,  1.8,  2.3  at  spatial  frequencies  of  0,  5,  10,  and  15  Ip/mm, 
respectively.  This  difference  in  dependence  of  DQE(/)  on  the  x-ray  exposure  between  the 
SFS  and  CsI:Tl  based  slot  x-ray  detectors  is  due  to  the  lower  values  of  MTFo(/)  for  CsI:Tl 
screen  compared  to  a  SFS. 
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Figure  5-12.  Dependence  of  DQE(/)  on  the  x-ray  exposure  at  20  keV  x-ray  energy  for  slot 
x-ray  detectors  using  (a)  SFS:PS,  (b)  SFS:Pb:5%,  (c)SFS:Sn:10%,  and  (d)  150  ^im  thick 
CsI:Tl  screen. 


5.4.2.  CCD  Electronic  Noise 


Figure  5-13  shows  the  dependence  of  DQE(/)  on  the  additive  CCD  electronic 
noise  level  at  20  keV  x-ray  energy  for  slot  x-ray  detectors  using  (a)  SFS:PS,  (b) 
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Figure  5-13.  Dependence  of  DQE(/)  on  the  additive  CCD  electronic  noise  level  at  20  keV 
x-ray  energy  for  slot  x-ray  detectors  using  (a)  SFS:PS,  (b)  SFS:Pb:5%,  (c)SFS:Sn:10%, 
and  (d)  150  i^m  thick  Csl:Tl  screen. 
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SFS:Pb:5%,  (c)SFS:Sn:10%,  and  (d)  150  thick  CsI:Tl  screen.  All  SFSs  are  20  mm 
thick  SFSs  and  made  of  20  |im  diameter  scintillating  fibers. 

Dependence  of  DQE(/)  on  the  additive  CCD  electronic  noise  is  similar  to  that  on 
the  x-ray  exposure.  This  can  be  expected  from  analyzing  equation  5-16.  For  all  slot  x-ray 
detectors,  DQE(/)s  almost  approach  their  maximum  values  (ideal  situation  where  there  is 
no  CCD  electronic  noise,  Ne  ^  0)  by  reducing  CCD  electronic  noise  level  from  2500 
electrons  to  400  electrons. 

In  CCD  based  digital  x-ray  imaging,  a  lot  of  effort  has  been  devoted  to  reduce  the 
CCD  electronic  noise  to  near  zero  levels.  Unfortunately,  this  usually  increase  the 
complexity  and  cost  of  the  imaging  system.  The  results  from  this  study  indicates  that  for  a 
particular  imaging  system,  it  may  not  be  necessary  to  reduce  the  additive  noise 
component  in  the  detector  to  about  zero  level.  An  analysis  similar  to  that  performed  in 
this  study  may  eliminate  many  technical  limitations  imposed  by  a  poor  understanding  of 
the  actual  technical  requirement. 

5.4.3.  Image  Guide  Coupling  Efficiency 

Figure  5-14  shows  the  dependence  of  DQE(/)  on  the  image  guide  coupling 
efficiency  K  at  20  keV  x-ray  energy  for  slot  x-ray  detectors  using  (a)  SFS:PS,  (b) 
SFS:Pb:5%,  (c)SFS:Sn:10%,  and  (d)  150  ^m  thick  CsI:Tl  screen.  All  SFSs  are  20  mm 
thick  SFSs  and  made  of  20  i^m  diameter  scintillating  fibers.  In  all  cases,  image  guide 
coupling  efficiency  significantly  affects  the  DQE(/)s.  An  idea  coupling  (A:  =  1)  is  always 
desired  to  improve  the  DQE(/)  of  the  slot  x-ray  detectors. 

In  CCD  based  x-ray  imaging  system,  couplings  of  scintillation  screen  and  CCD 
have  been  achieved  through  the  use  of  optical  fiber  image  guide  and  optical  lens.  The  lens 
typically  has  coupling  efficiency  at  least  one  order  of  magnitude  lower  than  that  of  fiber 
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Figure  5-14.  Dependence  of  DQE(/)  on  the  image  guide  coupling  efficiency  at  20  keV  x- 
ray  energy  for  slot  x-ray  detectors  using  (a)  SFS:PS,  (b)  SFS:Pb:5%,  (c)SFS:Sn:10%,  and 
(d)  150  |im  thick  CsI:Tl  screen. 


152 


image  guide.  In  some  applications,  tapered  fiber  image  guides  were  also  used  as  the 
coupling  medium.  For  example,  with  a  2:1  ratio  tapered  image  guide,  the  coupling 
efficiency  is  less  than  25%.  These  low  coupling  efficiency  designs  limited  the  maximum 
achievable  detector  DQE(/).  Based  on  the  results  of  this  study,  a  better  design  of  a  CCD 
based  imaging  system  should  use  an  1:1  ratio  image  guide  to  maximize  the  coupling 
efficiency.  A  necessary  image  reduction  can  then  be  achieved  by  CCD  birming,  i.e., 
combining  adjacent  CCD  pixel  charges  in  the  CCD  readout. 

5.4.4.  CCD  Quantum  Efficiency 

Figure  5-15  shows  the  dependence  of  DQE(/)  on  the  quantum  efficiency  Q  of  the 
CCD  at  20  keV  x-ray  energy  for  slot  x-ray  detectors  using  (a)  SFS:PS,  (b)  SFS:Pb:5%, 
(c)SFS:Sn:10%,  and  (d)  150  ^m  thick  CsLTl  screen.  All  SFSs  are  20  mm  thick  SFSs  and 
made  of  20  \xm  diameter  scintillating  fibers.  Dependence  of  DQE(/)  on  the  CCD  quantum 
efficiency  is  similar  to  that  on  the  image  guide  coupling  efficiency.  However,  it  is  shown 
that  for  a  practically  achievable  CCD  quantum  efficiency  of  0.7,  DQE(/)s  of  all  the  SFS 
based  slot  x-ray  detectors  approach  to  their  maximum  values  when  Q=  1.0.  The  reason  is 
that  the  image  guide  coupling  efficiency  is  high  (0.9)  for  all  SFS  based  slot  x-ray 
detectors.  For  the  CsI:Tl  screen  based  slot  x-ray  detector  with  a  0.68  coupling  efficiency, 
however,  a  CCD  quantum  efficiency  close  to  unity  is  needed  to  improve  its  DQE(/)  at 
high  spatial  frequencies.  This  is  a  very  useful  conclusion  that  will  help  the  design  and 
optimization  of  CCD  based  x-ray  imaging  detectors.  In  order  to  achieve  high  DQE(/),  it  is 
desired  to  efficiently  couple  the  scintillation  screen  to  the  CCD.  This  will  allow  the  use  of 
more  economic  CCDs  which  may  have  lower  quantum  efficiency  than  other  expensive 
and  specialized  CCDs. 
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Figure  5-15.  Dependence  of  DQE(/)  on  the  quantum  efficiency  of  CCD  at  20  keV  x-ray 
energy  for  slot  x-ray  detectors  using  (a)  SFS:PS,  (b)  SFS:Pb:5%,  (c)SFS:Sn:10%,  and  (d) 
150  |am  thick  CsI:Tl  screen. 


CHAPTER  6 
CONCLUSIONS  AND  FUTURE  WORK 

6.1.  Conclusions  based  on  Results  from  Scatter  Study 

The  widths  of  slot  x-ray  detectors  that  have  been  under  investigation  for  scanning 
slot  digital  mammography  ranging  from  about  4  mm  to  20  mm.  For  this  relatively  small 
range,  scatter  to  primary  radiation  ratios  (S/P)  showed  a  strong  dependence  on  the 
selected  slot  detector  widths.  S/P  ratios  were  found  to  decrease  by  a  factor  of  greater  than 
two  when  slot  detector  width  is  reduced  from  20  mm  to  4  mm  at  x-ray  energies  used  in 
mammography.  This  shows  that  the  use  of  a  very  narrow  slot  detector  would  efficiently 
reject  scattered  radiation  from  reaching  the  detector.  As  an  example,  S/P  ratios  for  a  4 
mm  wide  slot  detector  were  found  to  be  between  -0.10  to  0.17,  which  are  similar  to  those 
encountered  in  conventional  screen-film  mammography  when  a  5:1  ratio  grid  is  used. 
However,  in  a  scanning  slot  imaging  system,  only  the  size  of  the  x-ray  field  that  is  equal 
to  the  slot  detector  area  is  used  at  any  moment  during  the  image  scan.  The  required  x-ray 
tube  output  is  therefore  inversely  proportional  to  the  slot  detector  width.  For  very  small 
detector  width,  this  requirement  in  x-ray  tube  output  generally  results  in  either 
unacceptably  high  x-ray  tube  heat  loading  or  long  imaging  time  which  is  practically 
limited  by  patient  motion  and  patient  inconvenience.  For  example,  given  a  short  imaging 
time  of  about  five  seconds,  the  use  of  a  4  mm  wide  slot  detector  would  require  an  x-ray 
tube  output  exposure  rate  which  is  about  five  times  that  when  a  20  mm  wide  slot  detector 
is  used.  This  demands  a  very  high  x-ray  tube  power  which  approaches  the  limit  of  current 
x-ray  tube  technology.  Efficient  use  of  the  x-ray  tube  output  by  the  use  of  a  wider  slot 
detector  would  reduce  the  x-ray  tube  power  requirement  and  could  also  reduce  image 
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scan  time  and  thereby  minimize  patient  motion  artifacts  as  well  as  patient  discomfort.  In 
addition,  more  efficient  use  of  the  x-ray  beam  would  enable  x-ray  filters  to  be  used  to 
optimize  the  shape  of  the  x-ray  spectrum  to  better  match  the  imaging  needs  in  clinical 
situations.  The  selection  of  10  mm  width  for  the  scanning  slot  detector  approach  in  this 
study  provides  a  tradeoff  between  scatter  performance  and  x-ray  tube  power  requirement. 

Increasing  slot  detector  width  to  10  mm  inevitably  increases  the  amount  of  scatter 
to  the  detector,  and  the  resulted  S/P  ratios  was  found  to  increase  by  a  factor  of  about  1.8 
compared  to  that  of  a  4  mm  wide  slot  detector.  It  is  necessary  to  investigate  methods  to 
reduce  the  scatter  contribution  at  this  relatively  large  slot  detector  width  without 
compromising  the  x-ray  tube  loading.  In  this  study,  the  use  of  an  air  gap  introduced 
between  the  Lucite  phantom  and  a  10  mm  wide  detector  was  found  to  be  very  efficient  in 
rejecting  scattered  radiation.  S/P  ratios  reduce  by  a  factor  of  about  two  and  three  using  1.5 
cm  and  3.0  cm  air  gaps,  respectively.  S/P  ratios  are  in  the  range  of  0.05  to  0.13  with  the 
use  of  a  3  cm  air  gap. 

In  conventional  screen-film  radiography,  scattered  radiation  is  rejected  by  the  use 
of  grids.  The  radiation  exposure  to  the  screen,  however,  needs  to  be  maintained  at  a 
constant  level  to  ensure  that  the  resultant  film  density  is  satisfactory.  This  requires  an 
increase  in  the  x-ray  tube  output  to  compensate  for  any  removed  scattered  and  primary  x- 
ray  photons,  and  normally  leads  to  an  approximate  doubling  of  the  breast  mean  glandular 
dose.  Use  of  a  scatter  reduction  grid  with  a  digital  slot  detector  has  been  show  to  increase 
the  mean  glandular  dose  by  between  30  and  40%  as  a  result  of  the  increased  attenuation 
of  the  primary  x-ray  beam.  The  use  of  a  grid  also  complicated  the  detector  design.  The 
use  of  air  gaps  can  achieve  scatter  reduction  without  necessarily  increasing  the  radiation 
dose  and  is  an  attractive  option  for  use  in  a  slot  detector  geometry  particularly  since  the 
necessary  air  gap  sizes  (~  3  cm)  are  much  smaller  than  those  (>  40  cm)  normally 
considered  in  conventional  screen-film  mammography.  The  effect  on  the  patient  dose  by 
the  use  of  an  air  gap  with  a  slot  detector  geometry  will  depend  on  both  the  characteristics 


156 


of  the  detector,  and  on  the  manner  in  which  the  air  gap  is  introduced.  If  the  detector  is 
quantum  noise  limited,  there  will  be  no  need  to  increase  the  primary  exposure  to  maintain 
the  same  signal  to  noise  ratio  (SNR)  providing  the  source  to  detector  distance  is  kept 
constant.  However,  if  there  are  significant  electronic  noise  components  from  the  detector, 
then  an  increase  in  the  x-ray  tube  output  would  be  needed  to  maintain  the  same  SNR.  For 
a  3  cm  air  gap  introduced  by  moving  the  detector  away  from  the  patient,  the  patient  dose 
would  increase  by  about  10%  because  of  the  inverse  square  law  fall  off  in  x-ray  beam 
intensity  for  a  source  to  detector  distance  of  -60  cm.  In  summary,  the  use  of  a  10  mm 
wide  slot  detector  with  a  3  cm  air  gap  geometry  results  in  efficient  scatter  rejection  with 
negligible  increase  in  patient  radiation  dose. 

In  the  slot  detector  geometry,  S/P  ratios  decrease  as  x-ray  photon  energy  increases. 
S/P  ratios  decreased  about  33%  between  when  x-ray  energy  increased  from  15  and  50 
keV  for  a  10  mm  wide  slot  detector  using  4  cm  thick  Lucite  phantom  as  the  scattering 
medium.  This  differs  from  the  case  of  mammography  performed  with  large  area  detectors 
where  S/P  ratios  generally  shown  little  dependence  on  the  x-ray  energy.  The  reason  for 
this  behavior  is  that  in  a  slot  detector  geometry,  it  is  only  the  forward  scattered  x-ray 
photons  which  contribute  to  the  S/P  ratio  whereas  in  large  area  detectors,  x-ray  photons 
scattered  through  large  angles  will  also  contribute  to  the  S/P  ratio.  The  relatively  constant 
energy  dependence  of  the  S/P  ratio  for  area  detectors  is  a  result  of  the  increasing 
contribution  of  Compton  scattered  photons  which  increase  with  photon  energy.  Coherent 
scattered  photons  are  primarily  forward  scattered  and  their  contribution  to  the  S/P  ratio 
generally  decreases  with  increasing  photon  energy.  The  use  of  an  air  gap  affects  the 
relative  contribution  from  coherent  scatter  and  Compton  scatter.  At  20  keV,  there  are 
about  four  times  more  x-ray  photons  which  undergo  Compton  scattering  than  coherent 
scattering  in  the  Lucite  phantom.  Despite  this  fact,  the  contribution  of  coherent  scatter  to 
S/P  ratio  is  larger  than  that  of  Compton  scatter  at  energies  below  25  keV  with  no  air  gap. 
This  occurs  because  most  coherently  scattered  photons  have  a  small  angular  divergence 
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whereas  the  angular  distribution  of  Compton  scattered  photons  is  approximately 
isotropic.  This  also  explains  why  an  air  gap  is  more  efficient  in  rejecting  the  Compton 
scattered  photons  and  why  the  two  processes  make  equal  contributions  at  a  higher  x-ray 
energy  (-36  keV)  with  the  use  of  a  3  cm  air  gap 

X-ray  detection  materials  currently  under  investigation  for  scarming  slot  digital 
mammography  include  Gd202S:Tb  phosphor,  Csl:Tl  crystal,  plastic  scintillating  fiber 
screens,  and  hybrid  photodiode  array.  The  results  in  this  study  show  that  choice  of  x-ray 
detection  material  in  a  slot  detector  had  very  little  effect  on  the  resultant  S/P  ratio.  In  the 
case  of  area  detectors,  however,  the  S/P  ratios  of  an  ideal  screen  and  a  mostly  used 
mammography  (Kodak  Min-R)  screen  show  markedly  different  responses.  In  a  slot 
detector  geometry,  the  majority  of  scattered  photons  reaching  the  slot  detector  are  photons 
scattered  with  very  small  angles.  Their  directions,  and  therefore  energies,  are  very  similar 
to  those  of  the  primary  photons.  As  a  result,  the  slot  detector  has  very  similar  efficiencies 
in  detecting  the  primary  photons  as  well  as  scattered  photons.  S/P  ratios  will  not  change 
by  changing  the  x-ray  detection  material.  In  an  area  detector  geometry,  the  efficiency  of  a 
detector  in  detecting  the  scattered  photons  is  higher  than  that  in  detecting  primary  photons 
due  to  the  increased  paths  of  scattered  photons  in  the  detection  material.  The  efficiency  in 
detecting  scattered  photons  depends  on  the  x-ray  detection  material.  Thus,  S/P  ratios  are 
different  for  different  x-ray  detection  materials.  This  finding  suggests  that  the  results 
obtained  in  this  study  will  be  applicable  to  any  type  of  detection  material  providing  the 
geometry  is  similar  to  those  investigated  in  this  work. 

6.2.  Conclusions  Based  on  Results  from  Signal  Propagation  Study 

Even  utilizing  a  2  cm  thick  plastic  scintillating  fiber  screen  (SFS)  made  of 
polystyrene  core  material  (SFS:PS),  the  x-ray  interaction  efficiency  at  20  keV  is  about 
40%  and  is  much  lower  than  that  of  about  70%  for  typical  GdiOaSiTb  phosphor  screens 
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(~  50  i^m  thickness)  used  in  screen-film  mammography  and  early  design  of  scanning  slot 
digital  mammography  detectors.  Loading  high  Z  elements  including  lead  and  tin  into  the 
core  materials  of  the  plastic  scintillating  fibers  significantly  improves  the  x-ray 
interaction  efficiency.  The  resultant  x-ray  interaction  efficiencies  nearly  approach  100% 
at  20  keV.  A  2  cm  thick  and  7.5%  by  weight  tin  loaded  SFS  results  in  sufficient  x-ray 
interaction  efficiency.  Further  increase  in  SFS  thickness  and  tin  concentration  results  in 
only  slight  increase  in  x-ray  interaction  efficiency,  and  may  lead  to  other  problems  such 
as  difficulty  in  the  alignment  of  fibers  to  the  direction  of  incident  x-ray  photons.  For  the 
150  fxm  thick  CsI:Tl  screen,  the  x-ray  interaction  efficiency  is  about  80%  at  20  keV,  but 
reduces  to  about  40%  at  30  keV.  Although  this  x-ray  interaction  efficiency  averaged 
about  20%  greater  than  that  of  a  Min-R  screen  used  in  screen-film  mammography,  there 
is  a  potential  problem  of  low  x-ray  interaction  efficiency  for  CsLTl  screen  based  scanning 
slot  digital  mammography  system  since  the  use  of  high  energy  x-ray  spectra  have  been 
proposed  to  reduce  the  x-ray  tube  power  requirement.  The  optimal  x-ray  spectra  to  be 
used  in  such  a  scanning  slot  digital  mammography  system  should  be  fiirther  studied. 

The  number  of  scintillation  light  photons  output  fi-om  the  screen  per  interacted  x- 
ray  is  generally  in  the  range  between  30  and  50  for  all  the  SFS  at  x-ray  energies  normally 
encountered  in  mammography.  This  number  improves  to  about  80  to  120  for  a  CsI:Tl 
screen.  CsI:Tl  screen  therefore  generates  more  than  a  factor  of  two  more  signals 
compared  to  a  SFS.  The  resulted  number  of  CCD  electrons  generated  per  20  keV  incident 
x-ray,  Ne,  is  about  6  for  slot  x-ray  detector  using  SFS:PS,  and  ~  12  for  slot  x-ray  detector 
using  high  Z  element  loaded  SFSs.  This  large  difference  between  SFS:PS  and  high  Z 
element  loaded  SFSs  is  mainly  due  to  the  large  difference  in  their  x-ray  interaction 
efficiency  despite  of  the  fact  that  high  Z  element  loaded  SFSs  produce  less  scintillation 
light  output  at  ~  20  keV  x-ray  energies.  There  is  negligible  difference  in  Ne  when  tin 
concentration  varies  from  5%  to  10%  for  a  20  mm  thick  SFS,  and  very  small 
improvement  in  Ne  for  SFS:Sn:7.5%  when  its  thickness  increases  from  15  to  25  mm. 
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These  imply  that  a  ~  20  mm  thick  SFS  loaded  with  concentration  of  tin  in  the  range  from 
5  to  10%  can  provide  significantly  improved  signal  performance  for  a  SFS  based  slot  x- 
ray  detector  for  mammography.  For  CsI:Tl  screen  based  slot  x-ray  detector,  Ne  per  20 
keV  incident  x-ray  is  about  18,  about  50%  increase  compared  to  the  slot  x-ray  detector 
using  a  high  Z  element  loaded  SFS.  However,  Ne  at  30  keV  for  CsI:Tl  screen  is  reduced 
to  about  14  and  is  comparable  to  that  for  a  high  Z  element  loaded  SFS  based  slot  x-ray 
detector.  One  would  expect  to  increase  the  CsI:Tl  screen  thickness  to  improve  its  x-ray 
interaction  efficiency.  This,  unfortimately,  will  lead  to  a  reduced  number  of  scintillation 
light  output  per  interacted  x-ray  and  a  reduction  in  spatial  resolution.  Experimental 
measurements  were  also  performed  to  compare  the  signal  performance  between  the 
CsI:Tl  screen  and  Gd202S:Tb  phosphor  screen  (Min-R  screen)  based  slot  x-ray  detectors. 
It  was  found  that  the  use  of  the  CsI:Tl  screen  in  a  slot  x-ray  detector  produces  comparable 
signal  intensity  to  the  Gd202S:Tb  phosphor  based  slot  x-ray  detector.  In  summary,  a  SFS 
based  slot  x-ray  detector  has  poorer  image  signal  performance  at  ~  20  keV  compared  to  a 
CsI:Tl  screen  based  slot  x-ray  detector.  However,  the  image  signal  performance  of  the 
CsI:Tl  based  detector  depends  strongly  on  the  x-ray  energy,  and  reduces  significantly 
when  the  x-ray  energy  increases  from  20  to  30  keV. 

For  all  SFS  investigated,  their  modulation  transfer  fiinction  MTF(/)  are  excellent 
and  exceeds  60%  at  spatial  frequency  of  20  Ip/mm.  Loading  high  Z  element  into  SFS 
resulted  in  a  relatively  small  loss  of  spatial  resolution  even  at  x-ray  energies  above  tin  K- 
edge.  MTF(/)  values  of  the  CsI:Tl  screen  are  considerably  less  than  that  of  the  SFS  at 
non-zero  spatial  frequencies.  At  20  Ip/mm,  MTF(/)  value  of  the  CsI:Tl  screen  is  about 
10%.  It  was  found  that  despite  a  significant  reduction  in  CsI:Tl  screen  MTF(/)  at  x-ray 
energies  above  Iodine  K-edge,  scintillation  light  dispersion  within  the  CsLTl  screen  limits 
the  MTF(/)  values  at  all  spatial  frequencies.  This  is  the  major  difference  between  CsI:Tl 
screen  and  the  SFS  although  the  CsI:Tl  crystals  also  have  a  columnar  structure.  A 
relatively  large  fraction  of  scintillation  light  emitted  in  CsI:Tl  screen  can  travel  through  a 
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number  of  CsI:Tl  crystals  before  reaching  the  screen  output,  whereas  in  a  SFS  extramural 
absorbing  material  (EMA)  can  be  added  between  the  fibers  to  reduce  light  dispersion 
within  one  fiber  diameter  (20  \im).  The  use  of  high  x-ray  energy  spectra  such  as  40  KV 
was  foimd  to  produce  similar  spatial  resolution  performance  as  that  at  20  keV.  This  is 
because  of  the  relatively  small  fraction  of  x-rays  with  energies  above  Iodine  K-edge.  The 
major  problem  of  the  CsI:Tl  screen  is  again  related  to  the  tradeoff  between  its  x-ray 
interaction  efficiency  and  spatial  resolution.  Increasing  CsI:Tl  screen  thickness  to 
improve  its  image  signal  production  at  higher  x-ray  energies  could  lead  to  a  significant 
loss  of  spatial  resolution  due  to  scintillation  light  dispersion.  A  CsI:Tl  screen  based  slot  x- 
ray  detector  will  potentially  have  to  stay  with  a  low  x-ray  interaction  efficiency  to 
maintain  its  spatial  resolution  performance. 

Measurement  of  limiting  spatial  resolution  shows  the  CsT.Tl  screen  based  slot  x- 
ray  detector  is  about  15  Ip/mm  for  scanning  speed  ranging  up  to  4  cm/seconds.  The 
limiting  spatial  resolution  of  a  GdaOiSiTb  based  slot  x-ray  detector,  however,  is  reduced 
from  about  15  Ip/mm  to  about  6  Ip/mm  when  the  scanning  speed  was  increased  from  1 
cm/second  to  4  cm/second.  These  results  demonstrated  that  the  use  of  a  CsI:Tl  screen  in  a 
scanning  slot  detector  approach  almost  eliminates  the  dependence  of  spatial  resolution  on 
scanning  speed  which  is  the  major  problem  associated  with  the  initial  design  of  scanning 
slot  detectors  for  mammography.  The  use  of  a  CsI:Tl  screen  in  the  scanning  slot  digital 
mammography  approach  produces  better  image  signal  and  spatial  resolution  performance 
than  the  use  of  a  Gd202S:Tb  phosphor  screen.  Our  preliminary  measurements  of  a 
prototype  pure  plastic  SFS  based  image  intensifier  imaging  system  demonstrated  that  the 
spatial  resolution  performance  of  a  SFS  is  mainly  determined  by  the  scintillating  fiber 
diameter  used.  The  scintillation  light  production  of  a  SFS,  however,  is  low  and  needs  to 
be  greatly  improved  for  use  in  mammography  imaging  applications. 
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6.3.  Conclusions  Based  on  Results  from  Noise  Propagation  Study 

For  SFS:PS,  it  was  found  that  the  Swank  factor  reduces  from  almost  unity  at  15 
keV  to  about  0.6  at  30  keV.  The  use  of  high  Z  element  loaded  SFS  largely  improves  the 
noise  performance  compared  to  SFS:PS.  The  Swank  factor  is  close  to  unity  from  15  to  50 
keV  for  SFS:Pb:5%,  and  below  tin  K-edge  for  all  tin  loaded  SFS.  The  Swank  factor  was 
found  to  improve  slightly  with  increasing  tin  concentration  from  5  to  10%,  but  shows 
little  dependence  on  the  SFS  thicknesses.  In  the  signal  performance  analysis,  it  was  found 
that  SFS:PS  has  the  highest  spatial  resolution  performance  of  all  SFS.  At  typical  x-ray 
energies  (~  20  keV)  used  in  mammography,  SFS:PS  also  produces  the  highest  number  of 
scintillation  photons  per  interacted  x-ray.  It  may  appear  that  SFS:PS  is  the  best  SFS  that 
should  be  used  because  one  can  always  use  a  thicker  SFS:PS  to  improve  the  x-ray 
interaction  efficiency  compared  to  those  high  Z  element  loaded  SFS.  It  is  by  this  Swank 
factor  analysis  that  it  is  proved  that  loading  high  Z  element  in  SFS  is  essential  to  reduce 
the  secondary  noise  sources  from  x-ray  to  light  conversion.  When  a  particular  imaging 
application  requires  the  use  of  high  energy  x-ray,  the  emission  and  reabsorption  of  tin  K- 
characteristic  x-rays  in  a  tin  loaded  SFS  may  contribute  a  significant  noise  component  to 
the  image.  In  mammography,  because  the  majority  of  x-rays  produced  at  even  very  high 
tube  potential  (greater  than  tin  K-edge)  have  energies  below  tin  K-edge,  the  effect  of  tin 
K-characteristic  x-rays  on  image  noise  can  be  very  small.  Similarly,  Swank  factor  of  the 
1 50  i^m  thick  CsI:Tl  screen  is  close  to  unity  at  x-ray  energies  below  Iodine  K-edge,  and 
largely  affected  by  the  escape  of  Iodine  or  Iodine/Cesium  K-characteristic  x-rays  at  higher 
x-ray  energies.  The  results  also  show  that  Swank  factors  of  both  high  Z  element  loaded 
SFS  and  the  CsF.Tl  screen  are  significantly  higher  than  that  of  about  0.7  for  a  Min-R 
screen. 

The  DQE(O)  values  of  the  2  cm  thick  high  Z  element  loaded  SFSs  are  greater  than 
80%  in  the  x-ray  energy  range  from  1 5  to  30  keV.  This  is  a  factor  of  three  higher  than  the 
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DQE(O)  of  the  Min-R  screen.  The  combination  effect  of  improved  x-ray  interaction 
efficiency  and  swank  factor  with  increasing  tin  concentration  resulted  in  a  much  clear 
dependence  of  DQE(O)  on  tin  concentration  in  the  SFS.  In  the  signal  performance  study, 
it  was  shown  that  the  image  signal  has  very  little  dependence  on  the  tin  concentration. 
The  improvement  of  DQE(O)  with  increasing  tin  concentration,  however,  indicates  that  a 
higher  tin  concentration  up  to  a  maximum  of  10%  should  be  employed  to  improve  the 
noise  performance.  DQE(O)  of  the  CsI:Tl  screen  is  about  80%  at  20  keV  but  quickly 
reduces  to  about  40%  at  30  keV.  Again,  the  main  problem  with  the  use  of  CsI:Tl  screen  is 
its  lower  x-ray  interaction  efficiency  at  relatively  high  x-ray  energies.  The  results  show 
that  this  may  lead  to  a  higher  quantum  noise  level  in  the  image  compared  to  current 
screen-film  mammography  operated  at  about  20  keV  x-ray  energies. 

Variations  of  x-ray  exposure  to  the  detector  and  CCD  electronic  noise  showed  a 
relatively  large  effect  on  the  SFS  based  slot  x-ray  detector  than  on  the  CsI:Tl  screen  based 
slot  x-ray  detector.  This  behavior  is  a  result  of  lower  x-ray  energy  conversion  efficiency 
and  scintillation  light  collection  efficiency  of  a  SFS  compared  to  the  CsI:Tl  screen.  At  20 
keV,  DQE(O)  values  of  all  slot  x-ray  detectors  improves  with  increased  x-ray  exposure  up 
to  about  5  mR.  This  result  indicates  the  additive  electronic  noise  component  in  the  slot  x- 
ray  detector  is  still  significant.  At  20  keV,  it  is  seen  that  reducing  the  additive  electronic 
noise  level  from  the  estimated  2704  electrons  to  about  1000  electrons  can  provide  about 
30%,  and  10%  improvement  in  DQE(O)  values  for  two  high  Z  element  loaded  SFSs  and 
the  CsI:Tl  screen  based  slot  x-ray  detectors,  respectively.  Since  there  is  a  relatively  large 
amount  of  noise  existed  in  current  CCD  electronics,  it  is  advantageous  to  use  the  CsI:Tl 
screen  based  slot  x-ray  detector  despite  of  the  better  spatial  resolution  performance  of  the 
SFS. 

For  all  slot  x-ray  detectors,  DQE(/)s  almost  approach  their  maximum  values  (ideal 
situation  where  there  is  no  CCD  electronic  noise)  by  reducing  CCD  electronic  noise  level 
from  2500  electrons  to  400  electrons.  This  indicates  that  for  a  particular  imaging  system. 
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it  may  not  be  necessary  to  reduce  the  additive  noise  component  in  the  detector  to  about 
zero  level,  which  could  considerably  increase  the  complexity  and  cost  of  the  imaging 
system.  An  analysis  similar  to  that  performed  in  this  study  may  eliminate  many  design 
frustrations  imposed  by  a  poor  understanding  of  the  actual  technical  requirement. 

The  results  shows  that  an  idea  optical  coupling  between  the  scintillation  screen 
and  the  CCD  is  desirable  to  improve  the  DQE(/)  of  the  slot  x-ray  detectors.  Under  the 
condition  of  relatively  high  image  guide  coupling  efficiency,  it  is  shown  that  DQE(/)s  of 
all  the  slot  x-ray  detectors  approach  to  their  maximum  values  (as  can  be  achieved  with  a 
100%  CCD  quantum  efficiency)  at  a  practically  achievable  CCD  quantum  efficiency  (~ 
70%).  This  is  a  very  useful  conclusion  that  will  help  the  design  and  optimization  of  CCD 
based  x-ray  imaging  detectors.  Whenever  possible,  an  efficient  coupling  method  should 
be  employed.  This  allows  the  use  of  more  economic  CCDs  which  may  have  lower 
quantum  efficiency  than  other  expensive  and  specialized  CCDs. 

In  this  study,  a  new  term  which  accounts  for  the  spatial  spreading  of  deposited  x- 
ray  energy  is  included  in  the  cascaded  analysis  of  noise  propagation  in  an  x-ray  imaging 
system.  Previous  studies  assumed  x-ray  interactions  in  the  x-ray  detectors  are  dominated 
by  photoelectric  effect,  and  therefore  frequently  overestimated  the  DQE(/)  of  the  x-ray 
imaging  systems  where  spatial  spreading  of  deposited  x-ray  energy  is  significant. 
Calculations  performed  on  the  representing  x-ray  detectors  demonstrated,  in  applications 
where  the  emissions  of  energetic  characteristic  x-rays  are  involved,  that  the  existing 
cascaded  noise  propagation  model  could  overestimate  the  detector  DQE(/)  by  as  high  as 
60%. 

6.4.  Future  Work 

One  important  task  is  to  investigate  methods  to  maximize  the  scintillation  light 
output  from  a  high  Z  element  loaded  SFS.  The  results  in  this  study  have  shown  that  the 
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use  of  a  high  Z  element  loaded  plastic  scintillating  fiber  screen  has  the  potential  to 
produce  a  scanning  slot  x-ray  detector  with  both  very  high  spatial  resolution  and  excellent 
noise  performance  for  use  in  mammography.  However,  the  major  problem  associated 
with  a  SFS  has  been  demonstrated  to  be  the  very  low  scintillation  light  out  from  the  SFS. 
During  the  course  of  this  research  project,  three  key  advancements  over  current  plastic 
scintillating  fiber  technology  have  been  made:  an  improved  x-ray  energy  conversion 
efficiency  of  4.5%  compared  to  that  of  3%  for  polystyrene  based  scintillator;  low 
refractive  index  polymer  as  the  scintillating  fiber  cladding  which  could  potentially 
increase  the  scintillation  light  collection  efficiency  from  3%  to  7.5%;  and  a  concentration 
of  tin  up  to  10%  by  weight  has  been  incorporated  into  the  polystyrene  based  plastic 
scintillator  with  only  20%  light  loss  due  to  quenching.  This  new  tin  loaded  plastic 
scintillator  is  in  thermoplastic  from  which  scintillating  fibers  may  be  successfully 
produced.  Continuing  fiiture  work  toward  making  plastic  scintillating  fibers  with 
characteristics  specified  in  this  study  should  be  carried  out.  The  scintillation  light  output 
from  the  tin  loaded  SFS  needs  to  be  quantified  and  compared  to  that  from  other 
scintillation  screens. 

Additionally,  the  imaging  performances  including  signal  intensity,  spatial 
resolution,  and  DQE  of  the  CsI:Tl  screen  based  slot  x-ray  detector  should  be  studied 
using  various  combinations  of  x-ray  tube  anode  and  filter  materials.  It  is  shown  that  the 
DQE  of  the  CsI:Tl  based  slot  x-ray  detector  depends  strongly  on  the  x-ray  energy.  To 
reduce  the  x-ray  tube  loading  requirement,  x-rays  with  energies  up  to  40  keV  have  been 
considered  for  use  in  the  scanning  slot  digital  mammography  approaches.  A  greatly 
reduced  detector  DQE  is  expected  at  x-ray  energies  just  below  the  Iodine  K-edge.  The 
effects  of  different  x-ray  spectra  on  the  detector  imaging  performances  should  be 
quantified  from  which  optimal  x-ray  spectra  for  a  range  of  breast  thicknesses  and 
compositions  may  be  determined. 
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